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ABSTRACT 
 
Stented Artery Biomechanics: A Computational and In Vivo Analysis of Stent Design 
and Pathobiological Response. (May 2010) 
Lucas Howard Timmins, B.S., Texas A&M University 
Chair of Advisory Committee: Dr. James E. Moore, Jr. 
 
Vascular stents have become a standard for treating atherosclerosis due to 
distinct advantages in trauma and cost with other surgical techniques. Unfortunately, the 
therapy is hindered by the risk of a new blockage (termed restenosis) developing in the 
treated artery. Clinical studies have indicated that stent design is a major risk factor for 
restenosis, with failure rates varying from 20 to 40% for bare metal stents. Subsequently, 
there has been a significant effort devoted to reducing failure rates by covering stents in 
polymer coatings in which anti-proliferative drugs are embedded, however 
complications have arisen (e.g. incomplete endothelization, lack of success in peripheral 
arteries, lack of long-term follow-up studies) that have limited the success of this 
technology. It has been thought that restenosis is directly related to the mechanical 
conditions that vascular stents create. Moreover, it has been hypothesized that stents that 
induce higher non-physiologic stresses result in a more aggressive pathobiological 
response that can lead to restenosis development. 
In this study, a combination of computational modeling and in vivo analysis were 
conducted to investigate the artery stent-induced wall stresses, and subsequent biological 
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inflammatory response. In particular, variations in stent design were investigated as a 
means of examining specific stent design criteria that minimize the mechanical impact of 
stenting. Collectively, these data indicate that stent designs that subject the artery wall to 
higher stress values result in significantly more neointimal tissue proliferation, therefore, 
confirming the aforementioned hypothesis. Moreover, this work provides valuable 
insight into the role that biomechanics can play in improving the success rate of this 
percutaneous therapy and overall patient care. 
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CHAPTER I 
INTRODUCTION: ATHEROSCLEROSIS AND A HISTORICAL REVIEW OF 
INTERVENTIONAL CARDIOLOGY 
 
Atherosclerosis 
Atherosclerosis is a specific form of arteriosclerosis that results in pathologic 
thickening of the intimal layer. While most commonly treated in the coronary arteries, 
atherosclerosis occurs in other, very specific large and medium sized arteries of the 
vasculature (e.g. abdominal aorta, renal, iliac, and carotid arteries). It is characterized by a 
complex interaction of cells both in the blood and artery wall and molecular messengers, that 
ultimately leads to reduction in blood flow to tissues distal to the occlusion. 
Generally speaking, atherosclerosis is an inflammatory disease that affects the arterial 
walls. It can begin as early as childhood with the formation of “fatty-streaks”; however, it 
does not usually show clinical manifestations until well into adulthood. The formation of an 
atherosclerotic lesion results from disruption of the normal function of the endothelium. This 
alteration is largely governed by the local hemodynamics, and in particular low and 
oscillatory wall shear stress. Such flow disturbances result in increased levels of adhesive 
molecules [e.g. vascular-cell adhesion molecule-1, intercellular adhesion molecule-1, E-
selectin; [1]], increased vascular permeability [2], and possible exposure of underlying, 
____________ 
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highly thrombogenic vascular constituents to the flowing blood. Collectively, these 
endothelial modifications can result in the adhesion and transmigration of blood borne 
monocytes and T lymphocytes, modification and infiltration of low-density lipoproteins 
(LDL) into the arterial wall, and platelet aggregation and mural thrombus formation, 
respectively, all of which are ubiquitous in the progression to advanced of atherosclerosis. 
Together, these cellular and molecular events lead to the migration and proliferation of 
macrophages and vascular smooth muscle cells, and the formation of the advanced lesion. 
Atherosclerotic lesions are considered advanced by histological standards when large 
accumulations of cells, lipids, extracellular matrix proteins, and possibly minerals are 
present, there is disruption in the organizational and structural integrity of the arterial wall, 
and, most notably, there is local thickening of the intimal layer. Lesions are classified based 
on characteristic components and pathogenic mechanisms. The Committee on Vascular 
Lesions of the American Heart Association’s Council on Arteriosclerosis has denoted six 
classifications [types I-VI; [3, 4]]. Types I – III are focal, relatively small lesions that 
represent the precursors of the more advanced, clinically significant plaques. Type I lesions 
consist of isolated groups of macrophages, some of which contain small intracellular lipid 
droplets, that may not be visible to the unaided eye. As these lesions further develop as a 
result of additional macrophage aggregation, yellow or “fatty” streaks may form that are 
comprised of lipid-laden macrophages (termed foam cells) and small numbers of vascular 
smooth muscles cells (VSMC) containing lipid vesicles. Such lesions are classified as type II 
and can either further progress (type IIa) or can become progression resistant (type IIb). The 
deciding factor in the fate of type II lesions is thought to be the local hemodynamics [3]. 
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Type III lesions are the transition lesion, both chemically and morphologically, between 
clinically insignificant lesions and advanced atherosclerotic plaques. In particular, type III 
lesions are characterized by focal adaptive intimal thickening, and most notably under 
histological evaluation, extracellular pools of lipid-laden material among VSMC layers. 
 Advanced atherosclerotic lesions (types IV – VI) differ from the smaller lesions, in 
that they are characterized by extreme disorganization of the intimal layer leading to 
negative remodeling (i.e. a reduction in lumen size) and clinical complications. Type IV 
lesions, known as atheromas, are characterized by an eccentric aggregation of extracellular 
lipid pools to form the lipid core. These lipids are derived from the localization of plasma 
lipids in atherosclerotic-prone regions, and the migration of these lipids through the, now, 
highly permeable endothelial cell layer. On the periphery of the lipid core are dense 
concentrations of macrophages, foam cells, and lymphocyte, as well as small neovascular 
buds. As the lipid core further develops, an increase of fibrous tissue (largely collagen) will 
cover the surface (fibrous cap), and this lesion will be labeled as a type V. The lesion are 
labeled fibrous plaques (type Va) or, if calcification occurs, are classified as type Vb. 
Regardless of the subtype, type V lesions are multi-layered and are rich in collagen and 
VSMC, have microhemorrhages present, and show a substantial intrusion into the luminal 
space. Type VI lesions are largely catastrophic, and are classified by disruption of the fibrous 
cap leading to hematoma formation and/ or thrombotic deposits. While each of the lesion 
discussed (types I – VI) are identifiable under various histological techniques, the fact that 
some lesions show no clinical symptoms or that some lesser developed lesions can be fatal 
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while more advanced lesions may never be symptomatic, has led to the development of 
noninvasive markers to better diagnosis the presence and progression of the disease. 
Each year, the American Heart Association publishes their annual statistical report on 
cardiovascular diseases (CVD), and continually atherosclerosis ranks as one of, if not the 
leading cause of deaths each year. In 2009, it was reported that CVD accounted for 
approximately 34% of all death in the United States [~830,000; [5]]. Specifically coronary 
heart disease (CHD) accounted for approximately 52% of all CVD deaths, stroke 17%, and 
other diseases of the arteries (e.g. aneurysms) 4%; all of these diseases are largely a result of 
atherosclerosis. Furthermore, health care cost for CHD alone in 2009, were estimated at 
approximately $165 billion. Nevertheless, there is a still pressing need for the continual 
development and improvement of treatment modalities to improve patient outcomes. 
 
The History of Cardiac Catheterization, Angioplasty, and Vascular Stenting 
 The treatment of cardiovascular diseases, in particular flow-limiting forms, has been 
revolutionized by development and advancement of catheter-based interventions. These 
techniques have not only allowed for accurate diagnosis and effective treatment for 
essentially all CVD, but also a better physiological understanding of the cardiovascular 
system. While catheterizations are reported to have been performed by the Egyptians (3000 
B.C.), the first documented catheterization of the cardiovascular system was performed by 
Stephen Hales in 1711 [6]. Hale conducted the direct catheterization as a means of 
examining the ventricular pressures in a horse. His experimental set-up included brass pipes 
that were inserted into the right and left ventricles through catheterization of the venous and 
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arterial system, respectively, that were then attached to long glass tubes via the flexible 
trachea of geese. The advent and development of cardiac catheterization has led to numerous 
fundamental findings and advancements; however, in terms of treating CVD, it has led to the 
development of angioplasty. 
Charles T. Dotter, a vascular radiologist at the University of Oregon, serendipitously 
discovered angioplasty during a routine abdominal aortagram [7]. During retrograde access 
via a femoral cutdown, Dotter inadvertently recanalized an occluded right iliac by essentially 
forcing a guide wire through the atherosclerotic plaque. Realizing the potential of this 
technique, Dotter soon developed balloon-mounted dilating catheters and perfected his 
technique on cadavers. It was in January 1964 that Dotter along with his resident, Melvin P. 
Judkins, performed the first interventional angioplasty (termed the “Dotter technique”) on a 
patient who had an occluded left popliteal artery [8]. In contrast to the current balloon 
inflation angioplasty technique, Dotter and Judkins passed a 0.05” OD guide-wire under 
fluoroscopy transversely across the occlusion, and subsequently passed a 0.1” OD, followed 
by a 0.2” OD, Teflon catheter across the lesion site. Dotter, however, saw the need for a 
more sophisticated technique, as the application of large shear forces to bore through the 
plaque could cause unnecessary injury. It is interesting to note that Dotter and Judkins 
envisioned the need for a “lumen-to-lumen transathermatous” bridge or “endovascular 
splint” to treat occlusion peripheral artery disease. While Dotter did not receive recognition 
for his work for nearly 15 years due to his nonconventional persona, he was considerably 
well ahead of his time and his development of interventional cardiology and significant 
contributions to the field have saved millions of lives. 
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Following Dotter’s pioneering work in the development of angioplasty in the 
peripheral arteries, application of the technique to the coronary vasculature was of pressing 
need. While the first arteriogram was performed in 1919 by the Argentine radiologist Carlos 
Heuser [9], the need for a technique to properly image the coronary arteries was not 
developed for almost four decades. It was not until 1958 that the pediatric cardiologist F. 
Mason Sones performed the first human cineangiography of the coronary arteries. Like 
Dotter’s discovery, it was by accident, during a routine left ventriculogram. This seminal 
technique led to the development of numerous catheter systems, including the common J-
shaped safety guide-wire, to better access the coronary ostia, thus allowing for the 
advancements of catheter-based coronary interventional techniques. 
 Andreas Grüntzig, a young German trained in epidemiology, social medicine, and 
internal medicine, learned the “Dotter technique” in 1969, while spending time as a guest 
fellow in the radiology department at the Aggertaclinic in Engelskirchen, Germany [7]. 
Following a relocation to University Hospital in Zurich, Switzerland and numerous 
recanalizations using Dotter’s methods, Grüntzig began constructing his own prototype 
balloons and attaching them to the ends of Dotter catheters. In contrast to previous 
angioplasty balloons-catheter systems, Grüntzig made the balloons out of polyvinyl chloride, 
a much tougher material that could withstand the high inflation pressures, and he eventually 
developed a double-lumen catheter. The second lumen allowed for injection of contrast 
media, in addition to pressure monitoring to ensure adequate dilation of the stenosis. After 
numerous successful animal and cadaver studies [7], Grüntzig and Richard K. Myler 
performed the first human coronary angioplasty in May 1977 at St. Mary’s Hospital in San 
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Francisco, CA [10]. The procedure, however, was performed intraoperatively during 
coronary bypass surgery via arteriotomy of the left anterior descending (LAD) coronary 
artery. Within months, Grüntzig returned to Zurich and had performed the first coronary 
angioplasty in an awake human on September 1977 [11]. The procedure was performed on a 
37 year old male, who had an obstruction of his proximal LAD. It is interesting to note that 
this patient was examined 10 years later, with no reoccurrence of a new blockage [7]. 
 Clinicians soon recognized the mechanical implications of angioplasty. It was first 
thought that that technique was a gentle, controlled procedure that involved a uniform 
compression of the soft and compressible plaque constituents. However, Kurt Amplatz and 
colleagues [12] promptly noted that angioplasty was a “violent, somewhat unpredictable 
assault” on the occluded artery that included plaque splitting, intimal dissection, and 
excessive arterial stretching. Such findings explained the complications that were soon 
observed following the widespread use of coronary angioplasty. In particular, the abrupt 
closure following the intervention as a result of the elastic recoil of the artery, and, still to 
this day, unwarranted proliferation of neointimal tissue leading to the development of a new 
blockage (termed restenosis). As Dotter and Judkins had suggested [8], there was a need for 
an endovascular prosthesis that remained expanded and in place to ensure arterial patency 
following deflation and retraction of the balloon catheter. 
 It was not long after the Dotter and Judkins pioneering work in angioplasty that the 
development of what would become the modern version of vascular stenting was reported. In 
fact, Dotter himself published the first experimental findings of the placement and long-term 
patency of “prosthetic grafts” in the peripheral arteries of canines [13]. The cylindrical 
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scaffolds were constructed of polyethylene, polyamide, Silastic, Teflon, or stainless steel. 
Following arterial access through the carotid arteries, these scaffolds were inserted using the 
method that Dotter developed for angioplasty in healthy femoral or popliteal arteries. Mixed 
results were noted, as immediate thrombosis development most often occurred; however, 
administration of anticoagulants (Heparin) and insertion of stainless steel coiled springs 
showed patency for longer than two years. As with the development and progression of 
angioplasty, Dotter discussed the potential of this interventional technique, noting it as a 
means of “freedom from the trauma usually associated with surgical vascular 
reconstruction.” 
 Experimental work with endovascular devices to treat atherosclerotic lesions 
continued for over two decades, however results were still plagued by acute thrombosis and 
stent migration. Furthermore, the technique, at least during prior to Grüntzig’s work, was not 
widely accepted by vascular surgeons [14]. Early prototype devices included Dotter’s 
experimental placement of nitinol coils in 1983 [15], spiral and double-helix stainless steel 
springs implanted by D. Maass and colleagues [16], self-expanding metallic stents by Cesare 
Gianturco’s group [17, 18],and balloon expandable stainless steel stent by Julio Palmaz and 
colleagues [19], and a modified version of the Palmaz stent by Schatz et al. [20]. 
It was not until March 1986 that Ulrich Sigwart and Jacques Puel implanted the first 
human coronary vascular stent [21]. This implant was followed by a series of 24 coronary 
procedures in 19 patients; all received a self-expanding stainless steel version of the 
commercially available Wallstent [Medinvent SA, Lausanne, Switzerland; now owned by 
Boston Scientific, Maple Grove, MN, USA; [22]]. While deployments were successful, 
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complications did arise in 3 patients as a result of stent thrombosis; however, the preliminary 
findings and 9-month follow-up did indicate the success of endovascular stenting as a 
treating for coronary artery disease. Following the pioneering work with self-expanding 
stents, the next generation of stents, and the first that were approved by the Federal Food and 
Drug Administration, were balloon expandable (Palmaz-Schatz, Johnson & Johnson, 
Warren, NJ; Flex-Stent, Cook Medical, Inc., Bloomington, IN). The Palmaz-Schatz stent 
design was employed in some of the first randomized trials to directly compare vascular 
stenting to balloon angioplasty in patients with de novo lesions. The initial multicenter study 
to ensure safety and efficacy of the device [94% success; [23]], and was followed by 
randomized trials that directly compared the Palmaz-Schatz stent to balloon angioplasty. The 
Stent Restenosis Trial (STRESS) examined approximately 407 patients that either received a 
stent (n = 205) or balloon angioplasty alone (n = 202). Six-month angiographic data 
indicated that restenosis, defined as approximately 50% stenosis under angiography, was 
approximately 10% lower in the patient group that received the stent [24]. The Belgian-
Netherlands Stent Study (BENESTENT; 259 patients in stent group, 257 patient in balloon 
group) confirmed these results, as one-year follow up data indicated restenosis rates were 
11% lower in the patients that received the Palmaz-Schatz stent [25]. These two initial 
comparative studies were the first to report the benefits of elective native coronary artery 
stenting in reducing the need for repeat vascular intervention, however it should be noted 
that restenosis rates in the stent groups were still high (STRESS: 31.6%, BENESTENT: 
10%). 
 10 
 Since the first clinical findings exhibiting the efficacy and advantages of vascular 
stenting, numerous strategies and technologies have greatly advanced this revolutionary 
medical treatment. These strategies have improved all aspects of this percutaneous procedure 
from deployment to long-term outcomes. However, neointimal hyperplasia and the 
development of restenosis still remains a persistent, although decreasing, problem. Thus, as 
this procedure is a standard for the treatment of atherosclerosis, it is imperative that research 
efforts be devoted to increasing the success rate of this therapy. 
 
Dissertation Synopsis 
The dissertation presented herein is a collection of two independent projects, both of 
which constitute efforts in the field of cardiovascular biomechanics. The first section 
(Chapters II – V) presents work that discusses the solid biomechanical implications of 
implanting vascular stents that vary in the geometric design. In particular, the development 
of an optimization algorithm to reconcile three competing and physiologically relevant solid 
mechanical factors (Chapter II), the examination of stents deployed in tapered arteries 
(Chapter III), the effects of altering stent design and atherosclerotic plaque mechanical 
properties (Chapter IV), and the investigation of the pathobiological response to stent-
induced variations in artery wall stress (Chapter V) are presented. Collectively, these works 
offer insight into the role of solid biomechanics and stent design on failure rates of these 
interventional devices. The second section (Chapter VI) investigates the microstructural 
organization of vascular tissue using novel nonlinear optical microscopy techniques. 
Specifically, the work examines collagen and elastin fiber orientation in the sub-endothelial 
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region of arterial tissue, and how the application of mechanical loads alters their alignment. 
Moreover, the work presented provides structural information of vascular tissue that can then 
be incorporated into computational modeling techniques, as presented in Chapters II – V, for 
the evaluation of medical devices. 
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CHAPTER II 
STENTED ARTERY BIOMECHANICS AND DEVICE DESIGN OPTIMIZATION* 
 
Overview 
 The deployment of a vascular stent aims to increase lumen diameter for the 
restoration of blood flow, but the accompanied alterations in the mechanical environment 
possibly affects the long-term patency of these devices. The primary aim of this investigation 
was to develop an algorithm to optimize stent design, allowing for consideration of 
competing solid mechanical concerns (wall stress, lumen gain, and cyclic deflection). Finite 
element modeling (FEM) was used to estimate artery wall stress and systolic/diastolic 
geometries, from which single parameter outputs were derived expressing stress, lumen gain, 
and cyclic artery wall deflection. An optimization scheme was developed using Lagrangian 
interpolation elements that sought to minimize the sum of these outputs, with weighting 
coefficients. Varying the weighting coefficients results in stent designs that prioritize one 
output over another. The accuracy of the algorithm was confirmed by evaluating the 
resulting outputs of the optimized geometries using FEM. The capacity of the optimization 
algorithm to identify optimal geometries and their resulting mechanical measures was 
retained over a wide range of weighting coefficients. The variety of stent designs identified 
provides general guidelines that have potential clinical use (i.e. lesion-specific stenting). 
 
                                                
* With kind permission from Springer Science+Business Media: Medical and Biological Engineering and 
Computing, Vol. 45, 2007, pp. 505-513, L.H. Timmins, M.R. Moreno, C.A. Meyer, J.C. Criscione, A. Rachev, 
J.E. Moore, Jr. 
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Introduction 
 Cardiovascular diseases (CVD) have been the principal cause of death in the United 
States for the past century, with total direct and indirect costs estimated to reach $403.1 
billion USD in 2006 [26]. Atherosclerosis is one of the most serious forms of CVD and is 
characterized by an accumulation of atheromatous lesions in focal regions of the vasculature, 
leading to a reduction in blood flow. Treatment options include bypass grafting, balloon 
angioplasty and stent placement, with the latter two gaining popularity due to their less 
invasive nature. Vascular stents are essentially scaffolds designed to prop open diseased 
arteries. Beginning with the first human implantation of a balloon expandable stent in 1986 
[22], technological advances in stent design, deliverability, and drug-coatings have expanded 
the application and success rate of the procedure. Presently, the primary concern with this 
procedure is restenosis, or the development of a new blockage in the stented artery. 
 Restenosis is a multi-stage process characterized by thrombus deposition, 
inflammation, proliferation, and arterial wall remodeling, leading to neointimal thickening 
[27]. In the early days of stent implantation, approximately one-third of patients suffered 
from restenosis within 6 months of stent deployment [28]. Subsequently, there has been a 
significant effort devoted to reducing the clinical failures due to restenosis. With advances in 
stent design, restenosis rates after stent implantation in coronary arteries fell to around 20%, 
with some variation depending on the design of the stent [29]. Further success in reducing 
restenosis rates has been achieved with the advancement of drug-eluting stent technology. 
This technology involves covering stents with thin biodegradable polymer coatings in which 
anti-proliferative drugs designed to minimize smooth muscle cell proliferation are 
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embedded. While drug-eluting stents have decreased restenosis rates in coronary arteries to 
near 10% [30], incomplete endothelization of stent struts, lack of demonstrated success in 
peripheral arteries, and the lack of extensive long-term follow-up studies still limit this 
technology [31-33]. Thus, there is still cause to improve stent design for the minimization of 
restenosis. Improving the biomechanical interaction of the stent and artery wall is one 
strategy for accomplishing this goal. 
 The placement of a stent inside an artery has profound implications on the stresses in 
the artery wall. The changes in artery wall stress are long-term, lasting far beyond the acute 
injuries associated with deployment issues such as dog-boning and twisting due to balloon 
folding [34]. Stent oversizing can lead to strut-imposed vascular injury after stent 
deployment, which has been shown to dictate the extent of intimal thickening in animal 
models [35]. The presence of a highly rigid stent can subject the artery to extremely high, 
non-physiologic stress concentrations [36], and large stress gradients at the artery–stent 
junction [37]. Arterial straightening is another concern after stent deployment. The rigid 
stent prevents the artery from undergoing cyclic flexure due to the pulsatile nature of the 
vascular system, and can lessen the degree to which vascular cells express potentially 
beneficial substances [38]. Moreover, re-endothelialization can also be hindered by stent-
induced reductions in cyclic stretch [39, 40]. In addition, stent implantation affects the flow 
patterns within an artery as both computational and experimental studies have shown [41-
43]. An important challenge to stent design optimization arises from the fact that design 
properties mediate these concerns and while a particular design characteristic may minimize 
the effects of one concern, it may exacerbate another. For example, a stent high in radial 
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stiffness will achieve greater lumen gain, but will also induce higher stresses in the artery 
wall and perhaps limit the degree of cyclic stretch. Therefore, optimization of stent 
technology will require compromise, balance between competing interests, and an 
understanding of the impact that varying a given design characteristic may have on arterial 
wall reaction and restenosis formation. 
 The finite element method (FEM) is a widely used computational modeling technique 
that has been employed to investigate the mechanical implications of vascular stenting. 
Evidence suggests that restenosis rates vary with stent design [29]. Consequently, numerous 
studies have employed FEM to look at various stent geometries and determine the patterns of 
arterial wall stress that they induce. These studies have examined commercially available 
stents [44, 45] and generic designs [36]. Presently, only one study has attempted to evaluate 
the influence of specific stent design parameters on the stress field induced in a healthy 
artery wall [36]. The stents were defined by three geometric parameters: strut spacing (h), 
radius of curvature (ρ), and axial amplitude (f), illustrated in Fig. 2.2. This study found that 
stent designs characterized by large strut spacing, a non-zero radius of curvature, and large 
amplitude induced lower stresses on the vessel. Conversely, designs employing tight strut 
spacing, a zero radius of curvature, and low amplitude induced higher stresses on the artery. 
The stent designs that induced higher stresses also distended the artery to a greater degree, 
although the differences in final minimum diameter relative to the low stress stents in the 
healthy artery models were small (within 90 µm). 
Herein we aim to extend the work of Bedoya et al. [36] and refine the stent strut 
configuration, via varying specific design parameters, to optimize stent performance. The 
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results from the aforementioned investigation, demonstrated that differences in 
circumferential stress, radial displacement (indicative of lumen gain), and cyclic radial 
deflection (change in radial position from diastolic to systolic pressure) were strongly 
affected by stent strut geometry. Circumferential stress is the most likely culprit in disrupting 
artery wall structure, so this measure was chosen over others (e.g., von Mises) as a more 
direct representation of the deleterious effects of stents. While one would like to minimize 
circumferential stress to reduce trauma induced on the artery wall, from a clinical standpoint 
a stent must displace the artery to a diameter that will restore blood flow to distal tissues. It 
is also desirable to allow the artery wall to experience and respond to pulse pressure with as 
much natural deflection as possible. Herein, we propose an optimization algorithm that 
considers these three competing solid mechanical concerns after vascular stenting. The 
algorithm was designed to refine the strut configuration in the middle portion of the stent and 
identify a unique set of stent geometric parameters that maximizes lumen gain and cyclic 
radial deflection, while simultaneously minimizing wall stress. Using FEM, we evaluated the 
accuracy of our algorithm by testing the optimized designs in a non-diseased, three-
dimensional, thick-walled, nonlinear model of a stented artery. Our objective in this 
investigation was to develop an algorithm to process the data obtained from existing 
computational models that allowed for the generation of optimized stent designs based on 
reconciling three competing and physiologically relevant solid mechanical factors 
(circumferential stress, lumen gain, and cyclic radial deflection) of a stented artery. 
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Methods 
With the abundance of competing solid mechanical concerns following stent 
implantation and the need to reconcile these concerns via some form of systematic 
compromise in stent design considerations, we have developed an algorithm that refines the 
strut configuration in the middle portion of the stent to provide an optimal mechanical 
environment. The accuracy of the optimization method was confirmed by evaluating the 
biomechanical impact of the optimized geometries in computational models of stented 
arteries. 
Optimization Algorithm. Data obtained from previous computational models that 
analyzed distinct variations in stent geometrical parameters [36] were fit with an 
optimization function for which a minimum value was sought. Nodal values of tensile 
circumferential (hoop) stress at diastolic pressure, the pressure at which the stent induces the 
highest stresses, and radial displacement, at systolic and diastolic pressures, were taken from 
the inner surface of the middle quadrants of the stented model, defined as the region of 
interest herein. Behavior at the ends of the stent, in the region of compliance mismatch 
between the relatively rigid stent and the artery wall, was not considered. For each of the 
eight stent designs evaluated in Bedoya et al. [36] three values were extracted from the 
region of interest: percentage of the artery inner surface subjected to Class II critical hoop 
stresses (greater than 510 kPa) as defined in Bedoya et al. [36], minimum luminal gain (LG), 
i.e., 
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€ 
LG = Apost − ApreApre
                                                  (2.1) 
 
where Apre is the cross-sectional area of the lumen before stent deployment, Apost is the cross-
sectional area after stent deployment, and maximum cyclic radial deflection. The values 
were normalized from 0 to 1 for the eight FEM models. High radial displacement is 
preferred following stent implantation, therefore the model corresponding to maximum 
lumen gain was given a value of 0. Cyclic radial deflection should be maximized following 
stent deployment, thus the model corresponding to the least deviation from the cyclic radial 
deflection of a normal, healthy artery was given a value of 0. One could also imagine a 
definition of cyclic radial deflection based on cyclic circumferential stretch. In these models, 
the local circumferential stretch is nearly directly proportional to radial deflection, so the 
results would be approximately the same. Conversely, wall stress should deviate as little as 
possible from that which is present in a normal healthy artery wall to prevent any adverse 
biological response following stent deployment; therefore the model corresponding to the 
smallest deviation in circumferential stress from a healthy artery was given a value of 0. A 
minimal value for the optimization equation given by 
 
€ 
G(h,ρ, f ) =αGσ (h,ρ, f )2 + βGLG (h,ρ, f )2 + (1−α −β)GD (h,ρ, f )2           (2.2) 
 
where h, ρ, and f are the design parameters—strut spacing, radius of curvature, and axial 
amplitude, respectively—defined in the aforementioned investigation, was sought. 
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€ 
Gσ (h,ρ, f )  was defined as the normalized fraction of the intimal surface subjected to Class II 
critical stresses (>510 kPa). This threshold value provides an acceptable degree of sensitivity 
for our model parameters (diameter, wall thickness, artery wall properties, etc.). GLG(h, ρ, f) 
and GD(h, ρ, f) were defined as the normalized values of minimum luminal gain and 
maximum cyclic radial deflection within the region of interest, respectively, after stent 
deployment. The weighting coefficients, α and β, represent the relative importance of the 
circumferential wall stress, lumen gain, and cyclic radial deflection. 
Multi-dimensional linear Lagrange interpolation was implemented to approximate 
the values of the specific normalized outcomes (
€ 
Gσ , GLG, GD) in the region bounded by the 
limits of the stent design parameters, defined as the design space herein, modeled in Bedoya 
et al. [36], with ranges (h: 1.2–2.4, ρ: 0–0.3, f: 0.6–1.8). This parameter range is 
representative of the commercially available designs, which must incorporate design criteria 
such as expand- ability and fatigue behavior. The interpolation method is precisely 
analogous to that used by the 8-node 3D element [46]; yet rather than nodes in 3-space, our 
nodes are the eight simulations with the values of the design coordinates (h, ρ, f) as follows: 
(1.2, 0, 0.6), (1.2, 0.15, 0.6), (1.2, 0.3, 0.6), (1.2, 0.3, 1.2), (2.4, 0.3, 1.2), (2.4, 0, 1.8), (2.4, 
0.15, 1.8), (2.4, 0.3, 1.8). The specific normalized outcome values were determined by 
 
      
€ 
Gx =Gx1 (1− h)(1− ρ)(1− f ) +Gx2(1− h)(ρ)(1− f ) +Gx3(h)(ρ)(1− f ) +  
€ 
Gx4 (h)(1− ρ)(1− f ) +Gx5(1− h)(1− ρ)( f ) +Gx6(1− h)(ρ)(1− f ) +             (2.3) 
                                   
€ 
Gx7(h)(ρ)( f ) +Gx8(h)(1− ρ)( f ) 
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where x corresponds to one of the specific normalized outcomes, 
€ 
Gxn  (N = 1...8) corresponds 
to the value of one of the specific normalized outcomes at each of the eight computational 
models, and h, ρ, and f are incremental positions within the design space. Similarly, the 
location of 
€ 
Gxn  is given by 
 
                   
€ 
Lx = Lx1 (1− h)(1− ρ)(1− f ) + Lx2 (1− h)(ρ)(1− f ) + Lx3 (h)(ρ)(1− f ) + 
€ 
Lx4 (h)(1− ρ)(1− f ) + Lx5 (1− h)(1− ρ)( f ) + Lx6 (1− h)(ρ)(1− f ) +               (2.4) 
                                    
€ 
Lx7 (h)(ρ)( f ) + Lx8 (h)(1− ρ)( f ) 
 
 
where x corresponds to either the h, ρ, or f location and 
€ 
Lxn  (N = 1...8) corresponds to the 
location of one of the eight designs evaluated by Bedoya et al. [36]. Substitution of the 
values of the specific normalized outcomes at each specific incremental location within the 
design space into Eq. 2.4, along with predetermined weighting coefficients returns a value 
for the composite normalized outcome G(h, ρ, f). Figure 2.1 is a representation of the 
interpolated data for specified weighting coefficients (α = 0.25 and β = 0.55) within the 
design space. The geometric stent design parameters (h, ρ, f) corresponding to the minimum 
G(h, ρ, f) were determined as the optimum design parameters (i.e., the outputs of the 
optimization algorithm). 
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Figure 2.1: Interpolated Data Within the Design Space for Specified Weighting Coefficients 
(α = 0.25 and β = 0.55). Note that this figure illustrates a case where the radius of curvature (ρ) 
was held constant and G(h,f) was plotted against the strut spacing (h) and axial amplitude (f). 
The optimization algorithm locates the global minimum varying all three design parameters. 
 
 
Finite Element Modeling. The methods used to construct and model the stent 
geometries obtained from the optimization scheme have been previously reported in Bedoya 
et al. [36]. Briefly, a Matlab (MathWorks, Natick, MA, USA) subroutine was written to 
generate stent designs based on the parameters identified in the optimization algorithm. A 
separate program was created to automate the generation of three- dimensional stents in 
MSC.Patran (MSC Software, Santa Ana, CA, USA). Stent designs had an expanded outer 
radius of 1.2375 mm, which was 10% larger than the systolic radius measured at the inner 
surface and is consistent with manufacturers’ recommendations and common stenting 
practice [47]. Because of the repeating nature of the successive rings in this stent design and 
the fact that any effects from the edges of the stent have dissipated within the first ring 
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segment, the mechanical environment in the middle section of the stent model (the space 
between the two inner rings) is equivalent to the mechanical environment of any two inner 
rings of a full length stent [36]. Thus, it is only necessary to model a portion of the full 
length stent, as seen in Fig. 2.2. Stent struts had a constant thickness of 100 µm and the stent 
material was modeled as 316L stainless steel (E = 200 GPa, ν = 0.3). 
 
 
Figure 2.2: Design Parameters. Generic stent showing the three parameters identified by the 
optimization algorithm: strut spacing (h), radius of curvature (ρ) and axial amplitude (f). The 
resulting stent geometries were then modeled to determine the accuracy of the algorithm. 
 
 
The artery material properties utilized have been previously described [36]. Briefly, 
mechanical testing of porcine common carotid arteries was conducted using a modified 
version of the Computer Aided Vascular Experimentation (CAVE) device described by 
Humphrey et al. [48]. The acquired data were used to determine the constants for the 
constitutive model, which took the form given by Eq. 2.5 
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€ 
W = C10 ⋅ (I1 − 3) + C01 ⋅ (I2 − 3) + C11 ⋅ (I1 − 3) ⋅ (I2 − 3) 
€ 
C20 ⋅ (I1 − 3)2 + C30 ⋅ (I1 − 3)3                                         (2.5) 
 
where C10 = 25,466 Pa, C01 = –11,577 Pa, C11 = –506 Pa, C20 = 1,703 Pa, and C30 = 1,650 
Pa. The artery model employed herein was characterized as a straight homogenous circular 
cylinder with isotropic nonlinear hyperelastic mechanical properties. 
The finite element method was employed using MSC.Patran with MSC.Marc as the 
nonlinear solver (MSC Software, Santa Ana, CA, USA). The boundary conditions applied 
were the same as those utilized by Bedoya et al. [36]. Briefly, boundary conditions were 
applied in multiple steps. The quarter vessel model was stretched 59%, simulating the in 
vivo axial tethering that was measured during vessel harvesting. The vessel was then inflated 
by applying a pressure of 225 mm Hg, dilating the vessel to a radius greater than the outer 
radius of the 10% oversized stent. The stent was then translated in the axial direction from its 
original position outside of the vessel until the stent and vessel midpoints coincided. The 
pressure was then reduced to systolic and subsequently diastolic. Symmetry displacement 
boundary conditions were applied to both the stent and vessel to only allow in-plane 
deformations. An analytical contact boundary condition was applied restricting the future 
motion of contacting bodies to be only in the normal direction. Mesh independence was 
determined by convergence of radial displacement (<<1%) and circumferential wall stress 
(<4.5%) along the length of the stented model at systolic pressure. 
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Results 
Results from our optimization algorithm suggest that unique sets of geometric 
parameters that correspond to global minima in G(h, ρ, f) can be identified over a wide range 
of optimization weighting coefficients. Post-optimization FEM results indicate that the 
algorithm accurately predicted G(h, ρ, f), for all stented artery models, in addition to values 
for percent area subjected to Class II hoop stresses (>510 kPa), minimal lumen gain, and 
maximum cyclic radial deflection. For example, the optimization algorithm predicted a value 
of G(h, ρ, f) = 0.201 for α = 0.33 and β = 0.33, compared to the actual value of 0.211 
calculated for the stent with the resulting optimized geometry. Furthermore, the algorithm 
predicted values for percent area subjected to Class II hoop stresses, minimal lumen gain, 
and maximum cyclic radial deflection of 24%, 0.87, and 0.027 mm, respectively, whereas 
evaluation of finite element data returned values of 21%, 0.86, and 0.029 mm. In this case, 
the resulting optimal geometry had a strut spacing (h) of 2.28 mm, radius of curvature (ρ) of 
0.3 mm, and axial amplitude (f) of 1.14 mm (Table 2.1). 
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Table 2.1: Values of the objective function G(h,ρ,f) and its components as predicted by the 
optimization algorithm, and as actually calculated using FEM data from the resulting geometries 
(shown at left). CRD = cyclic radial deflection. 
 
 
 
 
 
 
 
4 Discussion and conclusions
This study demonstrates that medical device design opti-
mization is feasible under complex circumstances. For this
specific case of stent design for improved biomechanics,
the models are based on geometrically and materially non-
linear modeling techniques and output parameters that
depend in complex ways on the input (design) parameters.
Still, the optimization techniques produced results that
were confirmed by modeling the specific optimized
geometries. The differences between the predictions of the
optimization and the actual mechanical parameters shown
in Table 1 are due to curve-fitting non-linear data, and not
significant enough to detract from the success of the opti-
mization scheme. Using these techniques, design guide-
lines for other medical devices may be achieved that
incorporate considerations for long-term clinical failure
modes. In this case, it was possible, for example, to arrive
at stent designs that minimize artery wall stress, which is
presumably important for development of restenosis [1, 2,
8]. Optimized geometries in other cases with more or less
emphasis on minimum lumen gain or cyclic radial deflec-
tion were also identified, indicating that the optimization
scheme is reliable over a wide range of desired outputs.
While it is possible to cover the entire parameter space
with a large number of computational models, this is not
feasible in cases such as stented arteries, each of which
takes at least several days to converge. The optimization
scheme identifies optimal geometries in a more efficient
manner.
The effects of the stent geometric parameters on the
artery wall mechanical parameters (circumferential stress,
lumen gain, and cyclic radial deflection) are due to a
combination of factors. First, the design parameters affect
the radial rigidity of the stent, independent of the artery, as
determined by the degree of radial displacement. It is
evident that the stiffer the stent, the greater the lumen gain
and zones of high stress, and the lesser degree of cyclic
flexure. Second, the design parameters determine the un-
ique geometry of the ‘‘panels’’ of artery wall material
between the struts, which in turn lead to variations in stress
values and radial displacements. If stent struts were per-
fectly rigid, larger panels (high strut spacing) would induce
higher stresses in the panels as compared to shorter stent
panels. However, larger strut spacing also leads to a more
compliant stent, which reduces the distending force on the
Table 1 Values of the
objective function G(h, q, f) and
its components as predicted by
the optimization algorithm, and
as actually calculated using
FEM data from the resulting
geometries (shown at left)
CRD cyclic radial deflection
a = 0.33, b = 0.33 (Equal weighting) Optimization
algorithm
FEM results
h = 2.28 mm
q = 0.3 mm
f = 1.14 mm
G(h, q, f) 0.201 0.211
% Class II 24% 21%
Lumen gain 0.87 0.86
CRD 0.027 0.029
a = 0.75, b = 0.125 (Emphasize stress) Optimization
algorithm
FEM results
h = 2.28 mm
q = 0.135 mm
f = 1.68 mm
G(h, q, f) 0.091 0.084
% Class II 10% 1.2%
Lumen gain 0.84 0.84
CRD 0.032 0.032
a = 0.125, b = 0.75 (Emphasize lumen gain) Optimization
algorithm
FEM results
h = 1.44 mm
q = 0.192 mm
f = 1.128 mm
G(h,q,f) 0.172 0.182
% Class II 63% 73%
Lumen gain 0.96 0.98
CRD 0.016 0.013
a = 0.125, b = 0.125 (Emphasize CRD) Optimization
algorithm
FEM results
h = 2.4 mm
q = 0.135 mm
f = 1.8 mm
G(h, q, f) 0.107 0.109
% Class II 3.5% 1.1%
Lumen gain 0.83 0.82
CRD 0.034 0.035
510 Med Bio Eng Comput (2007) 45:505–513
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 The ability of the optimization procedure to identify optimal geometries and their 
resulting mechanical measures was retained over a wide range of weighting coefficients 
(Table 2.1). Emphasizing circumferential stress (α = 0.75, β = 0.125) resulted in predicted 
and actual G(h, ρ, f) values of 0.091 and 0.084, respectively. Moreover, lumen gain and 
cyclic radial deflection differed by <1 and <<1%, respectively, between the predicted and 
FEM modeled values. Increasing the importance of lumen gain (α = 0.125, β = 0.75) 
exhibited similar findings, with only a 6% difference in G(h, ρ, f) values between the 
optimization algorithm and post-optimization FEM result, with values of 0.172 and 0.182, 
respectively. Values of G(h, ρ, f) deviated by <2% when emphasis was placed on cyclic 
radial deflection (α = 0.125, β = 0.125). The optimization algorithm predicted a G(h, ρ, f) 
value of 0.107, compared to the actual value of 0.109 calculated from the post-FEM results 
of the optimized geometry. Table 2.1 summarizes the aforementioned results from the 
optimization algorithm and finite element modeling for all stent designs investigated. Figure 
2.3 shows the plots of the circumferential stress distribution for the four optimized 
geometries from the FE results. 
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Figure 2.3: Circumferential Stress Distribution in the Four Optimized Designs. 
 
 
Noticeable trends in stent geometric parameters were observed between stent designs 
when emphasis was placed on any of the three mechanical measures (circumferential stress, 
lumen gain, cyclic radial deflection). For example, increasing the weight on hoop stress (α = 
0.75, β = 0.125) resulted in a trend where strut spacing (h) and axial amplitude (f) increased, 
while radius of curvature (ρ) decreased. In comparing the geometric parameters resulting 
from α = 0.125, β = 0.75 (emphasize lumen gain) with the optimized parameters resulting 
from the emphasis on circumferential stress, it is seen that h increases from 1.44 to 2.28 mm, 
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ρ decreases from 0.192 to 0.135 mm, and f in- creases from 1.128 to 1.68 mm. Emphasizing 
cyclic deflection resulted in an identical shift in geometric parameters, i.e., h and f increased, 
ρ decreased. These adjustments make the stent more compliant, and thus more likely to 
deflect with the artery wall. Examination of the designs resulting from α = 0.33, β = 0.33 
(equal weighting) and α = 0.125, β = 0.125 (emphasize cyclic radial deflection) shows that h 
increases from 2.28 to 2.4 mm, ρ decreases from 0.3 to 0.135 mm, and f increases from 1.14 
to 1.8 mm. Furthermore, emphasizing lumen gain also resulted in an apparent shift in 
optimized geometric parameters. Consider the comparison between the designs that result 
from α = 0.75, β = 0.125 (emphasize hoop stress) and α = 0.125, β = 0.75 (emphasize lumen 
gain). In this comparison, the increase in weight of lumen gain results in a decrease in h from 
2.28 to 1.44 mm, an increase in ρ from 0.135 to 0.192 mm, and a decrease in f from 1.68 to 
1.128 mm. In general, when either a reduction in circumferential stress of an increase in 
cyclic radial deflection was emphasized, strut spacing (h) and axial amplitude (f) increased, 
while radius of curvature (ρ) decreased. Conversely, increasing the weight of lumen gain 
leads to a decrease in strut spacing (h) and axial amplitude (f), while radius of curvature (ρ) 
increased. 
 
Discussion and Conclusions 
 This study demonstrates that medical device design optimization is feasible under 
complex circumstances. For this specific case of stent design for improved biomechanics, the 
models are based on geometrically and materially non- linear modeling techniques and 
output parameters that depend in complex ways on the input (design) parameters. Still, the 
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optimization techniques produced results that were confirmed by modeling the specific 
optimized geometries. The differences between the predictions of the optimization and the 
actual mechanical parameters shown in Table 2.1 are due to curve-fitting non-linear data, 
and not significant enough to detract from the success of the optimization scheme. Using 
these techniques, design guidelines for other medical devices may be achieved that 
incorporate considerations for long-term clinical failure modes. In this case, it was possible, 
for example, to arrive at stent designs that minimize artery wall stress, which is presumably 
important for development of restenosis [36, 37, 44]. Optimized geometries in other cases 
with more or less emphasis on minimum lumen gain or cyclic radial deflection were also 
identified, indicating that the optimization scheme is reliable over a wide range of desired 
outputs. While it is possible to cover the entire parameter space with a large number of 
computational models, this is not feasible in cases such as stented arteries, each of which 
takes at least several days to converge. The optimization scheme identifies optimal 
geometries in a more efficient manner. 
 The effects of the stent geometric parameters on the artery wall mechanical parameters 
(circumferential stress, lumen gain, and cyclic radial deflection) are due to a combination of 
factors. First, the design parameters affect the radial rigidity of the stent, independent of the 
artery, as determined by the degree of radial displacement. It is evident that the stiffer the 
stent, the greater the lumen gain and zones of high stress, and the lesser degree of cyclic 
flexure. Second, the design parameters determine the unique geometry of the ‘‘panels’’ of 
artery wall material between the struts, which in turn lead to variations in stress values and 
radial displacements. If stent struts were perfectly rigid, larger panels (high strut spacing) 
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would induce higher stresses in the panels as compared to shorter stent panels. However, 
larger strut spacing also leads to a more compliant stent, which reduces the distending force 
on the artery wall, and thus the stress. The degree of cyclic radial deflection experienced by 
the artery wall is also affected by the additional effective stiffness of the panel provided by 
the distension due to the stent. A greater degree of artery wall stretching in either the axial or 
circumferential direction (which depends on strut configuration) will make the artery less 
likely to deform in response to changing pressure. While our optimization study only 
calculates the collective effects of all mechanisms and not the particular influences on each 
mechanism, these individual mechanisms provide insight into the sensitivity of the 
biomechanical environment after stent implantation. There are, of course, other 
considerations for stent design beyond the scope of this study, such as optimal radiopacity, 
fatigue behavior, foreshortening, trackability and deliverability. While these are important 
issues, stent designers are already familiar with the methods to improve them. 
 It is important to note the limitations associated with the models on which this 
optimization was based. As pointed out in Bedoya et al. [36], the artery wall is assumed to be 
a homogeneous, isotropic, hyperelastic cylinder. Features such as stenoses, curvature, etc., 
were not included. The inclusion of such complicating factors would greatly increase the 
number of variables required to perform the optimization scheme, such as the stenosis shape 
and mechanical properties, and the degree of curvature. More importantly, the inclusion of 
these features would not change the relative rankings of the stents, and thus the optimization 
results would be largely unchanged. In other words, a stent that minimizes stress in a healthy 
artery model would also minimize stress in a diseased or curved artery model. This study is 
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also limited to the solid mechanical interaction of the stent and artery wall, and does not 
include the effects of flow-induced wall shear stress. The effects of these same design 
parameters on blood flow patterns has been previously investigated [42], wherein it was 
found that adjusting the parameters such that the struts are aligned with the flow direction 
provides the least flow disturbance. 
 There are additional stent design parameters that could be varied to achieve optimized 
designs, such as stent material (implying changes in material properties) and strut thickness. 
The influence of these parameters is not difficult to predict. Increasing either the material 
stiffness or strut thickness would result in higher artery wall stress, higher lumen gain and 
less cyclic radial deflection. Since these monotonic effects are likely to be preserved despite 
changes in the parameters varied here, they were kept constant. There is also the additional 
concern that increasing the number of variables in this kind of an optimization problem 
could hinder the ability to arrive at an optimal design. The degree and locations of plastic 
deformation during expansion of the stent (which certainly are related to material properties 
and strut thickness) may influence the stent/artery wall interaction, but these effects were not 
included here. It is likely that the variations in geometric parameters dominate over such 
effects, although this remains to be proven. The relative rankings of the stents for the 
purposes of optimization are not likely to be affected. 
 This study is also limited to the changes in artery wall stress induced by the stent, and 
does not address cellular responses to the additional harmful effects of acute vascular 
injuries associated with balloon expansion of the artery [49]. Histological studies implicate 
the disruption of the internal and external elastic laminae in an increased risk for restenosis 
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[35]. The additional artery wall strain associated with balloon pressurization beyond that 
predicted in our models (also known as stent recoil) is typically just a few percent [50], but 
could result in additional laminae disruption. The non-uniform expansion of the stent by the 
balloon (dog-boning) and stent twisting induced by the expansion of folded balloons are 
examples of stent deployment phenomena that could induce additional acute injury in the 
artery wall. Axial strain components induced by dog-boning could add to laminae disruption, 
as could shearing due to stent twisting. The relative importance of these particular injuries on 
restenosis is unknown. Further investigation of the importance of these acute phenomena 
relative to the acute and long- term stress from the stent is warranted. In particular, the 
potential for additional injury at the ends of the stent, where stresses are already high, should 
be of interest. The present study only included the middle portions of the stented segments. 
However, it is important to note that the designs that minimized stress in the middle sections 
also minimized stress at the end segments due to the higher degree of stent compliance [36]. 
The variety of stent designs identified in this study (Table 2.1) provides general 
guidelines for stent design that can be used clinically to treat different disease states (i.e., 
lesion specific stenting). Atherosclerotic lesions are comprised of a variety of 
heterogeneously distributed constituents (e.g., soft lipid pool, fibrotic tissue, calcified plaque, 
etc.) each with unique mechanical properties. Consequently, the overall mechanical behavior 
of atherosclerotic lesions varies widely across the patient populations. It would be potentially 
detrimental to implant a stent that can cause unnecessary trauma to the artery wall or not 
provide sufficient scaffolding to diseased tissue; with due consideration of the effects of 
given design parameters these unfavorable outcomes can be avoided. For example, if 
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confronted with a relatively stiff, perhaps calcified atherosclerotic plaque, the clinician can 
choose a design that optimizes minimum luminal gain (maximizing radial displacement), 
realizing that the minimum requirement of restoring blood flow should be met at the expense 
of potentially high stresses on the artery wall. Our results indicate that a smaller strut spacing 
and smaller amplitude would be more appropriate in these cases. On the other hand, if a 
target lesion is relatively rich in soft lipid content, a design that minimizes artery wall stress 
could be preferable. Our results indicate that stents with relatively high strut spacing would 
be more suitable. It should be noted that strut spacing is the limiting factor for axial spacing, 
thus there are limitations in parameter configurations to ensure that stent designs can be 
manufactured in the collapsed configuration. These design guidelines, while arrived at using 
a generic stent design, are generally applicable to any commercially available stent design. 
The optimization methodology demonstrated here could also be applied specifically to other 
design schemes that lend themselves to parameterization. Lastly, the importance of artery 
wall stress in relation to other phenomena that could be involved in the restenotic process 
should be determined through carefully designed in vivo studies, or perhaps in vitro studies 
with stents implanted in isolated, perfused arteries. 
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CHAPTER III 
MECHANICAL MODELING OF STENTS DEPLOYED IN TAPERED ARTERIES* 
 
Overview 
The biomechanical interaction of stents and the arteries into which they are deployed 
is a potentially important consideration for long-term success. Adverse arterial reactions to 
excessive stress and the resulting damage have been linked to the development of restenosis. 
Complex geometric features often encountered in these procedures can confound treatment. 
In some cases, it is desirable to deploy a stent across a region in which the diameter 
decreases significantly over the length of the stent. This study aimed to assess the final 
arterial diameter and circumferential stress in tapered arteries into which two different stents 
were deployed (one stiff and one less stiff). The artery wall was assumed to be made of a 
strain stiffening material subjected to large deformations, with a 10% decrease in diameter 
over the length of the stent. A commercially available finite element code was employed to 
solve the contact problem between the two elastic bodies. The stiffer stent dominated over 
arterial taper, resulting in a nearly constant final diameter along the length of the stent, and 
very high stresses, particularly at the distal end. The less stiff stent followed more closely the 
tapered contour of the artery, resulting in lower artery wall stresses. More compliant stents 
should be considered for tapered artery applications, perhaps even to the exclusion of tapered 
stents. 
                                                
* With kind permission from Springer Science+Business Media: Annals of Biomedical Engineering, Vol. 
36(12), 2008, pp. 2042-2050, L.H. Timmins, C.A. Meyer, M.R. Moreno, J.E. Moore, Jr., Mechanical Modeling 
of Stents Deployed in Tapered Arteries. 
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Introduction 
Cardiovascular disease is the leading cause of death in developed countries. In the 
U.S. it has been estimated that costs associated with this disease will be in excess of $430 
billion in 2007 [51]. Atherosclerosis, one of the more common and serious forms of this 
disease, is characterized by focal accumulation of material within an artery that restricts 
blood flow. Spatial variations in mechanical factors such as blood flow patterns and artery 
wall stresses have been implicated in atherogenesis. Treatment options (e.g. stenting, balloon 
angioplasty, etc.) for arteries occluded by atheromatous lesions typically alter the local 
mechanical environment. Given the influence of mechanical factors in disease development, 
this is a consequence that must be considered when attempting to determine the efficacy of a 
given therapeutic option. 
Vascular stenting has proven to be an effective treatment option for most patients 
with atherosclerosis; though complications such as restenosis, or the development of 
neointimal hyperplasia within the stented region following implantation, can result in the 
ultimate failure of the procedure. Stents are essentially tubular scaffolds comprised of a 
metallic mesh deployed inside the artery in order to prop the diseased region open and 
restore blood flow. To function properly and remain in place, stents are designed to be larger 
in diameter than the healthy artery – this characteristic of the therapy is referred to as “stent 
over-sizing”. As the artery is distended beyond normal physiologic limits, pathologic 
stresses are induced in the artery wall and the artery may be irreversibly damaged. Even in 
cases wherein acute tissue damage is minimal, cellular response to the new stress 
environment created by the stent can be problematic. 
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The mechanical mismatch is a particular concern for situations in which arterial 
diameter changes to a significant degree over the length of a stent. Such diameter changes 
can be encountered due to tapering or the need to deploy a stent from a parent vessel into a 
branch. This significant diameter change is sometimes the case in carotid artery stenting, but 
can also occur in femoral arteries. The clinician must then decide which diameter on which 
to base the stent sizing decision. A large diameter mismatch at the distal end of the stent 
could lead to excessive damage in the artery wall and increased risk for clinical failure. 
While there are tapered stents available in some markets, the geometric variations require 
more careful consideration of stent choice [52].  
Modeling stent/artery interactions has mainly focused on applications in which 
arterial tapering is not a factor, either through simplifying assumptions or by modeling 
specific, non-tapered arteries. Rogers et al. [53] used two-dimensional linear elastic models 
to investigate balloon expansion with stent and artery contact. It was determined that high 
inflation pressures, wide stent-strut spacings, and more compliant balloon materials cause 
markedly larger surface-contact areas and contact stresses between stent struts. 
Consequently, it was concluded that stent design and deployment protocols play an 
important role in stenting outcomes. The stress fields induced by stents are as unique as the 
stents themselves. Consistent with these concepts, evidence suggests restenosis rates vary by 
stent design [29]. It is hypothesized that stent-induced stresses mediate processes conducive 
to the development of restenosis [54]. Therefore characterization of the stress field induced 
by a given stent design or “design parameter” is of particular interest to efforts to reduce 
restenosis rates in stent therapy. 
 37 
Finite element modeling is commonly employed to investigate stresses and strains in 
stents and stented arteries. The quality of information gained is typically limited by 
challenges associated with establishing an appropriate constitutive models and the need to 
impose simplifications. Holzapfel et al. [55] modeled balloon expansion of a full 3-
dimensional anisotropic diseased artery. It was proposed that the work provided tools with 
the potential to improve procedural protocols and the design of interventional instruments. 
Moreover, the techniques employed could be used as an aid in predicting post-angioplasty 
mechanical environments, which could subsequently be correlated with restenosis responses. 
Later, in works that presently constitute the most ambitious efforts to model diseased 
arteries, anisotropic plaque properties were characterized and a model of 3-dimensional stent 
artery interaction (incorporating parameterized commercially available stents) in a severely 
diseased iliac artery with 8 different components was developed [44]. Given evidence that 
regions near the ends of a stent are particularly susceptible to restenosis, Berry et al. [37] 
examined stresses in the artery wall in these locations. It was determined that high stress 
concentrations are imposed in these regions of compliance mismatch between the artery and 
the stent. Prendergast and colleagues [45] modeled the stent-artery interaction of 
commercially available stents (NIR – Boston Scientific; S7 – Medtronic AVE) on an 
idealized stenosed artery. They proposed the testing methodology as a pre-clinical testing 
tool, which could be used to compare and contrast existing stent designs as well as aid in 
developing novel stent designs. The mechanical properties of stents have been investigated 
by Migliavacca and colleagues. In a study of the influence of geometry on the stent behavior, 
they determined that a stent with a low metal-to-artery surface ratio has higher radial and 
 38 
longitudinal recoil, but lower “dogboning” [34]. It was concluded that the strut thickness 
influences the stent performance in terms of foreshortening, longitudinal recoil and 
dogboning. 
Bedoya et al. [36] investigated the effects of varying specific design parameters. 
Using a cylindrical scaffold constructed with sinusoidal rings joined by axially oriented 
connector bars, finite element models of generic stents were constructed by varying three 
design parameters - the strut spacing (h), the radius of curvature (ρ), and the axial amplitude 
(f) (Figure 3.1). 
 
 
Figure 3.1: Stent Design Parameters. Illustrations of the stent designs employed, showing the 
three parameters used in their construction: h is connector bar length (or strut spacing), ρ is the 
radius of curvature at the crown junctions, and f is the axial amplitude. 
 
 
The stent models were deployed in models of healthy circular cylindrical arteries. 
The effects of stent design on the stress field in the artery wall, radial displacement of the 
artery, and cyclic deflection of the artery were assessed. Designs that induced the greatest 
stresses in the artery wall, a characteristic considered unfavorable, also achieved the most 
favorable radial displacements. Conversely, designs that induced the lowest stresses in the 
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artery wall produced the smallest radial displacements. Timmins et al. [56] provided an 
optimization scheme to reconcile the mutually exclusive nature of the low stress vs high 
radial displacement relationship. In the interest of advancing modeling techniques, it is 
important to address the use of cylindrical, healthy artery models. 
While stents are not typically deployed in healthy arteries, the use of healthy artery 
models is purposeful in comparative studies aimed at elucidating the effects of varying 
specific design parameters, without additional complicating factors. Incorporation of disease 
elements, i.e. stenoses, is potentially convoluting. Like vessel geometry, material properties 
of atherosclerotic lesions vary greatly, from soft lipid pools to stiff calcified plaques. In a 
comparative study of the effects of stent design, the use of a specific geometry and 
combination of mechanical properties from one patient may not provide generally applicable 
results. In addition, animal studies can be carried out to verify results. A healthy artery 
model would be most similar to the animal model used to validate computational results. 
Further justification arises from the contact between the stent and healthy arterial tissue at 
the edges of the stented region, as stents are generally longer than the diseased region to 
ensure proper radial support. As restenosis commonly develops at this site, examination of 
the biomechanical environment in this region has a major clinical significance.  
However, it has been acknowledged that to improve clinical relevance the effects of 
the stenosis must ultimately be addressed. Moreover, arteries in regions of the vasculature 
that are particularly vulnerable to disease typically vary in diameter along the axial direction, 
i.e. taper. Tapered vessels present unique challenges to stent therapy. Though not yet 
commonly utilized, stents incorporating a tapered design are available, e.g. Protégé RX 
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(EV3, Plymouth, MN), designed for deployment in carotid arteries. In this case, the tapered 
form is intended to provide a more appropriate fit in the transition at the carotid bifurcation 
between the common carotid and smaller internal carotid artery. While rarely examined, 
coronary arteries also exhibit a degree of taper. Angiographic data suggested that left 
anterior descending (LAD) and right coronary arteries (RCA) taper approximately 14% and 
9%, respectively, along their lengths in both men and women [57]. Even with the emergence 
of some tapered designs, the use of non-tapered stent designs in tapered vessels remains 
standard. The implications of this practice are the focus of the present investigation. Herein, 
we aim to employ the modeling techniques previously outlined [36] to investigate the effects 
of specific stent design parameters on wall stresses and radial displacements in healthy 
tapered vessels. 
 
Methods 
In order to examine the effects of stent design on tapered vessels, the finite element 
method was employed to determine final lumen diameter, as well as estimate stresses in the 
artery wall of the elastic stent/artery system in mechanical contact. The two stent models 
investigated, selected from the two extreme designs identified in Bedoya et al. [36], are 
intended to represent designs that have high (1Z1) and low (2B3) radial rigidity (Table 3.1). 
The artery wall model features non-linear, strain-stiffening mechanical properties, along with 
geometrical dimensions that agree with general observations of large tapered arteries. 
Model Geometry. The 3D stent geometries investigated in this study have been 
previously identified [36]. Briefly, generic stent models were developed by varying three 
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specific design parameters – strut spacing (h), radius of curvature at the crown junctions (ρ) 
and axial amplitude (f) (Figure 3.1). From the aforementioned investigation two stent designs 
were selected, representing the extreme cases (based on evaluation of the stresses induced in 
the artery wall) of the stent designs investigated. Stent 1Z1 is characterized by a tight strut 
spacing, zero radius of curvature, and low amplitude, while stent 2B3 incorporates a large 
strut spacing, large radius of curvature and large axial amplitude. Both designs have a 
constant strut thickness and width of 100 µm and an outer radius of 2.475 mm, which is 
approximately 10% larger than the systolic inner radius of the artery at the proximal end of 
the stented region. Since the biomechanical interest in stenting tapered arteries is at the 
regions where diameter differences are largest (i.e. edges of the stented region), stent models 
have been scaled accordingly to ensure proper investigation, but yet still be computationally 
feasible. Thus, only a portion (approximately 9 mm in length) of a typical full length stent 
was modeled. The stent material was modeled as 316L stainless steel (E = 200 GPa, ν = 0.3). 
 
 
Table 3.1: Stent designs and parameter values. 
 
 
The tapered artery was modeled as an idealized, healthy, cylindrical vessel with 
proximal and distal radii values or 2.133 mm and 1.920 mm, respectively, at diastolic 
stresses in the artery wall, a characteristic considered
unfavorable, also achieved the most favorable radial
displacements. Conversely, designs that induced the
lowest stresses in the artery wall produced the smallest
radial displacements. Timmins et al.19 provided an
optimization scheme to reconcile the mutually exclu-
sive nature of the low stress vs. high radial displace-
ment relationship. In the interest of advancing
modeling techniques, it is important to address the use
of cylindrical, healthy artery models.
While stents are not typically deployed in healthy
arteries, the use of healthy artery models is purposeful
in comparative studies aimed at elucidating the effects
of varying specific design parameters, without addi-
tional com li ating factors. Incorporation of disease
elements, i.e., stenoses, is potentially convoluting. Like
vessel geometry, material properties of atherosclerotic
lesions vary greatly, from soft lipid pools to stiff cal-
cified plaques. In a comparative study of the effects of
stent design, the use of a specific geometry and com-
bination of mechanical properties from one patient
may not provide generally applicable results. In addi-
tion, animal studies can be carried out to verify results.
A healthy artery model would be most similar to the
animal model used to validate computational results.
Further justification arises from the contact between
the stent and healthy arterial tissue at the edges of the
stented region, s stents are generally longer than the
diseased region to ensure proper radial support. As
restenosis commonly develops at this site, examination
of the biomechanical environment in this region has a
major clinical significance.
However, it has been acknowledged that to improve
clinical relevance the effects of the stenosis must ulti-
mately be addressed. Moreover, arteries in regions of
the vasculature that are particularly vulnerable to dis-
ease typically vary in diameter along the axial direction,
i.e., taper. Tapered vessels present unique challenges to
stent therapy. Though not yet commonly utilized,
stents incorporating a tapered design are available, e.g.,
Prote´ge´ RX (EV3, P ymouth, MN, USA), designed for
deployment in carotid arteries. In this case, the tapered
form is intended to provide a more appropriate fit in the
transition at the carotid bifurcation between the com-
mon carotid and smaller internal carotid artery. While
rarely examined, coronary arteries also exhibit a degree
of taper. Angiographic data suggested that left anterior
descending (LAD) and right coronary arteries (RCA)
taper approximately 14 and 9%, respectively, along
their lengths in both men and women.20 Even with the
emergence of some tapered designs, the use of nonta-
pered stent designs in tapered vessels remains standard.
The implications of this practice are the focus of the
present investigation. Herein, we aim to employ the
modeling techniques previously outlined2 to investigate
the effects of specific stent design parameters on wall
stresses and radial displacements in healthy tapered
vessels.
METHODS
In order to examine the effects of stent design on
tapered vessels, the finite element method was
employed to determine final lumen diameter, as well as
estimate stresses in the artery wall of the elastic stent/
artery system in mechanical contact. The two stent
models inve igated, selected from the two extreme
designs identified in Bedoya et al.,2 are intended to
represent designs that have high (1Z1) and low (2B3)
radial rigidity (Table 1). The artery wall model features
nonlinear, strain-stiffening mechanical properties,
along with geometrical dimensions which agree with
general observations of large tapered arteries.
Mo el Geometry
The 3D stent geometries investigated in this study
have been previously identified.2 Briefly, generic stent
models were developed by varying three specific design
parameters—strut spacing (h), radius of curvature at the
crown junctions (q), and axial amplitude (f) (Fig. 1).
From the aforementioned inv stigation two stent
designs were selected, representing the extreme cases
(based on evaluation of the stresses induced in
the artery wall) of the stent designs investigated. Stent
1Z1 is characterized by a tight strut spacing, zero radius
of curvature, and low amplitude, while stent 2B3
TABLE 1. Stent designs and parameter values.
Stent
Strut spacing,
h (mm)
Radius of curvature,
q (mm)
Axial amplitude,
f (mm)
1.2 0 0.6
2.4 0.3 1.8
TIMMINS et al.2044
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pressure. These radii values correspond to a 10% taper, by diameter, or a taper angle of 
0.43°, both of which agree with values taken from angiographic data of large arteries [58, 
59]. The artery model was initially 18 mm in length under no axial load; with the stented 
region being the centermost 9 mm section. The artery material properties used in the 
computational models have been previously utilized [36], and were based on data obtained 
from pressure-diameter and force-elongation testing of porcine carotid arteries using a 
modified version of the Computer Aided Vascular Experimentation (CAVE) device 
described in Humphrey et al. [48] Data from the mechanical testing was used to determine 
the constants for the constitutive relation, which took the form: 
 
10 1 01 2 11 1
2 3
2 20 1 30 1
( 3) ( 3) ( 3)
( 3) ( 3) ( 3)
W C I C I C I
I C I C I
= ⋅ − + ⋅ − + ⋅ −
⋅ − + ⋅ − + ⋅ −  
 
where, C10 = 25,466 Pa, C01 = -11,577 Pa, C11 = -506 Pa, C20 = 1703 Pa, and C30 = 1650 Pa. 
Ultimately, the artery model employed herein was characterized as a straight homogeneous 
tapered cylinder with isotropic non-linear hyperelastic mechanical properties. 
FEM Simulations. The stent and artery models used in this study were developed 
with MSC.Patran; MSC.Marc was employed as the non-linear solver (MSC Software, Santa 
Ana, CA). The element and nodal numbers for the simulations varied slightly due to 
differences in stent design. All tapered vessel models consisted of 15232 elements (74657 
nodes). The more rigid 1Z1 stent design was comprised of 922 elements (8928 nodes), while 
the model incorporating the more compliant 2B3 design was represented by 938 elements 
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(9036 nodes). The boundary conditions utilized included displacement boundary conditions, 
pressure and contact, and were applied in multiple stages. Initially an axial stretch ratio of 
1.59 was applied to the vessel, simulating the axial tethering that was measured in vivo 
during carotid vessel harvesting. The vessel was then inflated by applying a pressure (35 
kPa) sufficient to dilate the artery such that the oversized stent could be “implanted”; i.e. the 
stent was originally positioned outside the artery and then translated in the axial direction 
such that the stent and artery mid-points along that direction coincided. Pressure was then 
reduced to systolic levels and subsequently, to diastolic levels. Displacement boundary 
conditions only allowing in-plane deformations for the stent struts and vessel symmetry 
edges were imposed on these quarter models. An analytical contact boundary condition 
restricting the motion of nodes in contact with the opposite body was enforced. This contact 
condition (“glue” option in MSC.Marc) enforces multipoint constraint equations that restrict 
the motion of the contacting body to be strictly in the normal direction. Displacements were 
interpolated using quadratic Lagrange functions, while the spherical stress was interpolated 
with a linear function. The contact bodies were defined by C2-continuous Non-Uniform 
Rational B-Splines surfaces (NURBS). 
The computer cluster used to solve this boundary value problem consists of a head 
node with dual 2.8 Ghz 32-bit processors, 4GB of RAM. The slave nodes (15) consisted of 
single 2.8 GHz 32-bit processors, 2GB of RAM. The operating system of the computer 
cluster was RedHat 9. The version of Patran was 2005 release 2, and Marc 2005 release 1. 
Evaluation Methods. The model results are all oriented such that the vessel tapers 
from left to right, i.e. the diameter at the right end of the stented portion is 10% smaller than 
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the diameter at the left end of the stented portion. As a measure of the stent ability to prop 
the vessel open adequately, the final radial position achieved by each design was assessed. 
Further, it is hypothesized that the development of neointimal hyperplasia following stent 
implantation is mediated by the anomalous stresses induced in the artery wall by the stent. 
Herein the circumferential (hoop) stresses are presented since they are most likely to cause 
disruption of the internal elastic lamina; a phenomenon that has been directly linked with 
restenosis formation [60, 61]. We have previously shown that circumferential stresses 
constitute the major contribution to the maximum principal stresses [36]. For reference 
purposes, the average circumferential stresses at the proximal and distal ends of the stented 
region are estimated using the Law of Laplace as 34 kPa at diastolic pressure. While this 
formula is not strictly applicable to this situation, because it is not valid for thick walled 
tubes, the values serve as a general guideline to provide an indication of the degree to which 
stent implantation affects stress in the artery wall relative to the unstented case. Averaging 
nodal circumferential stress values through the vessel thickness at the proximal and distal 
ends of the stented region of the tapered artery models results in values of approximately 50 
kPa at diastolic pressure. 
Nodal values of radial displacement and circumferential stress values on the intimal 
surface of each tapered artery model were obtained at diastolic pressure. Radial displacement 
values were used to determine final radial positions after stent deployment. To assess the 
impact of the stent along the tapered vessel, these values were averaged and plotted against 
the undeformed axial position. Nodal values were averaged along the azimuth angle 
(circumference) of the quarter vessel at identical undeformed axial locations along the artery. 
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This procedure was a convenient method to examine differences amongst stent designs, as 
well as compare against the unstented artery. Nodal circumferential stress values were also 
plotted as a colormap of the model for quantitative analysis. Both approaches are used herein 
to provide a more complete conception of the biomechanical impact of stent design on a 
tapered artery. 
Convergence Criteria. Mesh convergence was evaluated as described in Bedoya et al. 
[36] Briefly, the mesh convergence study consisted of a three-step process. The first step was 
to perform mesh refinements in the model of the artery alone – with no contact – observing 
the variation of maximum principal (i.e. circumferential) stress distributions. The criterion 
used was that the maximum principal Cauchy stress field in the lumen and adventitia of the 
artery had to vary by less than 1%. The second step was to perform refinements in stents 
themselves by applying a pressure load on the outside of the stent and observing changes in 
displacements. The mesh was deemed converged when changes in displacement were less 
than 1% in radial displacement, which corresponded to stents with an element edge length of 
0.10 mm. The third phase of the mesh convergence was to run stented artery models while 
increasing the mesh density of the artery to minimize variance in the circumferential stresses 
in the artery. Convergence was assumed when hoop stress and radial displacement values 
differed by <4.5% and <<1%, respectively, with increases in mesh density. 
To optimize computational resources a non-uniform mesh of the vessel was 
constructed. The artery was divided into three regions in the axial direction (proximal and 
distal non-stented segments, central stented region). The mesh within the stented region was 
twice as dense as the non-stented region, thus allowing for a high mesh density only within 
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the area of interest. The models were constructed incorporating 20-node hexahedral 
elements. Due to axisymmetry, only a quarter of the circumference of the artery and stent 
were modeled to save computational resources. 
 
Results 
The stiffer 1Z1 design produced radial displacements that increased in the direction 
of taper. The net effect is that the vessel assumes the shape of the stent, i.e. the taper is no 
longer evident in the stented segment. This is illustrated in Figure 3.2, which gives the final 
radial position of the intima averaged over the azimuth angle (θ-averaged) versus axial 
position at diastolic pressure. In comparing the radial position plots of the 1Z1 design with 
the unstented vessel, it can be seen that the increase in radius ranged from over 20% at the 
proximal (wide) end to near 25% at the distal (narrow) end of the stented region. With the 
more compliant 2B3 design, radial displacements were similar at both ends of the stent, with 
gains in radius near 15%; the greatest displacement occurred in the central portion of the 
stented region, where the increase in radius was greater than 18% (Figure 3.2). Thus, the 
gradual transition in compliance from stent to artery, a sign of “compliance matching” [37] 
is evident near the ends of the stent. Differences between stent designs were small in the 
central stented region, where the stiffer 1Z1 design achieved displacements that were less 
than 3% greater than those achieved by the more compliant 2B3 design; and large at the 
distal end of the stented region, where the 1Z1 design achieved displacements that were 
more than 5% greater than those attained by the 2B3 design. Note that the stent over-sizing 
of 10% is determined at systolic pressure at the proximal end of the stented segment, while 
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the aforementioned evaluation is conducted at diastolic pressure - as this would represent a 
“worst” case scenario, wherein the load bearing on the stent is at a maximum. 
 
 
Figure 3.2: Final Radial Position. Deformed radial position values were averaged around the 
circumference of the vessel at diastolic pressure. With the stiff 1Z1 stent design, the vessel 
essentially assumes the shape of the stent, i.e. the taper of the vessel is no longer evident 
through the stented region. With the more compliant 2B3 design a gradual transition in 
compliance from stent to artery is evident near the ends of the stent. 
 
 
Examination of the tensile circumferential stresses imposed on the inner surface of 
the tapered artery model at diastolic pressure reveal that the highly rigid 1Z1 design induced 
diffuse stresses that covered a broad range. Peak stress values of approximately 700 kPa 
(>4X larger than the unstented vessel) were observed at the most distal strut (i.e. the 
narrowest section of the artery), with values >600 kPa covering more than 50% of the 
stented region (Figure 3.3). The average circumferential stress for all nodal values over the 
intima of the stented region was approximately 630 kPa for this design. Conversely, stent 
2B3 induced stresses that were generally much lower throughout the stented region, with 
nodal hoop stress values averaging under 530 kPa. High stresses in the 2B3 design were 
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more focal, localized at areas of mechanical contact between the stent struts and the artery 
(Figure 3.3). The peak stress for the 2B3 design was approximately 600 kPa (>3.5X larger 
than the unstented vessel) and was measured on the crowns of the most distal strut. Stress 
values >600 kPa, covered <<1% of the stented region. Following an approach similar to that 
described above, intimal circumferential stress values were averaged about the 
circumference and plotted versus axial location at diastolic pressure (Figure 3.4). Here it is 
evident that the stresses induced by the stiffer 1Z1 stent increase in a quasi-linear fashion in 
the direction of taper. While the stresses are not as high with the 2B3 design, stress 
concentrations and high stress gradients near the stent struts are evident. Stresses associated 
with the 1Z1 design were 3-4 times higher than those associated with the unstented artery. 
Stresses associated with the 2B3 design were also high compared to the unstented artery but 
remained 100 – 200 kPa lower than those associated with the 1Z1 design. 
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Figure 3.3: Circumferential Stress Distribution. Stent 1Z1 imposed high stresses (> 600 kPa) 
across larger portions of the artery, whereas stent 2B3 (less rigid) only imposed such high 
stresses in the most narrow part of the artery. Overall, the 2B3 design imposed stress values 
that were 100 – 200 kPa lower than the 1Z1 design. 
 
 
 
Figure 3.4: Average Circumferential Stress. Intimal artery wall circumferential stress 
(averaged over the circumference) versus axial position plots reveal the dominance of the 1Z1 
stent over the taper resulting in high stresses at the distal end. The less stiff 2B3 stent more 
naturally follows the arterial taper, resulting in lower stresses. Note circumferential stress 
values at the intimal are most likely to affect the internal elastic lamina, and restenosis rates 
have been linked to the disruption of this structure [60, 61]. 
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For both designs there are high stress gradients present in the regions in between ring 
segments, as well as at the end of the stented regions. For the 1Z1 design, circumferential 
stress values vary abruptly by 50 – 75 kPa over distances of < 0.1 mm. The 2B3 design has 
larger differences, but over greater lengths, with stress variations of 80 – 90 kPa over 
distances of approximately 1 mm. The difference between average stress values at the 
proximal and distal regions (averaged over 1 mm in length) of the stents, were 
approximately 90 and 20 kPa for the 1Z1 and 2B3 design, respectively. 
 
Discussion 
Improving the biomechanical interaction between implanted devices and the 
surrounding tissues has the potential to reduce clinical failures. This reduction can be 
accomplished through implant design changes, as long as the desirable criteria are known. 
Given the extensive history of human implants of stents, this technology provides an 
opportunity to establish such criteria. The challenge in this case is to construct appropriate 
biomechanical models of a wide variety of in vivo conditions in a way that elucidates the 
important design criteria. The present study focused on the effects of vessel taper on 
stent/artery interaction. 
Based on a previous study in non-tapered, healthy vessels [36], a relatively stiff stent 
design (1Z1) and a relatively flexible design (2B3) were selected for the present 
investigation. The stiffer design featured closely spaced rings with small crown amplitudes, 
while the more flexible design had a larger ring spacing and larger amplitude. In the non-
tapered vessels, the stiffer design propped the artery open to a greater degree, but provoked 
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much higher stresses throughout the artery wall. The more flexible stent also propped the 
artery open to a clinically successful (although smaller) final diameter, with much lower 
artery wall stress. The use of finite deformation contact mechanics was crucial, as assuming 
a perfectly rigid stent would not have given similar results. Furthermore, modeling of truly 
tapered arteries provides a more complete representation, relative to modeling several non-
tapered stented arteries at different degrees of diameter mismatch. That is, while one could 
perhaps get some idea of the stress field in a tapered artery by constructing two straight 
artery models whose diameters correspond to the proximal and distal diameters of the 
tapered artery, the direct effects of tapering on the final stent/artery configuration (e.g. axial 
dependence of displacement) would remain unknown. Such a strategy would also require a 
greater number of computational cases to be run. In addition, the stented tapered arteries 
would have to be modeled to verify that the use of varying degrees of diameter mismatch is 
an appropriate representation. 
Simulating the implantation of these stents in tapered vessels provides further 
indications that stiffer stents dominate over the artery wall in determining the final geometry 
and thus the artery wall stress field. The stiffer stent in this case resulted in a nearly constant 
final lumen diameter in the stented region, despite the natural taper of the artery by 10% 
along the length of the stent. Given the non-linear, strain stiffening behavior of the artery, the 
stent had to apply a much greater outward force on the distal end of the tapered vessel, 
resulting in particularly high artery wall stresses at this region. By contrast, the more flexible 
stent design followed the natural contour of the artery, with the final deformed geometry still 
exhibiting some degree of taper. As a result, the stresses at the distal end were much lower. 
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While there is no known explicit stress level which can lead to an adverse biological 
response (inflammation, intimal hyperplasia, etc.), design characteristics which minimize 
stent induced stresses, possibly preventing post procedural complications, should be 
considered. Currently there are tapered stent designs on the market (e.g. Protégé RX; EV3, 
Plymouth, MN), but placement of these stents requires an additional degree of accuracy with 
regard to stent choice to ensure a correct geometric match with the artery wall. Based on our 
findings, a more flexible stent design can still achieve a clinically successfully final lumen 
diameter, while reducing the stress induced on the artery wall. This could possibly reduce the 
chance of post-procedural complications that can be associated with stent deployment. 
Furthermore, a unique solid mechanical environment occurs in tapered regions of the 
vasculature that are commonly stented (i.e. carotid, coronary, femoral). These regions see 
large deformations that result from pulse pressure, myocardial contraction, and limb 
movements such as hip and knee flexion [62, 63]. Thus, a more flexible stent design would 
assist in preventing strut fracture, a common cause of clinical failure in stent therapy. It 
would also be plausible to develop an algorithm, similar to the optimization scheme 
developed by Timmins et al. [56],to allow for the prediction of the biomechanical 
environment after stent implantation based on stent design and patient specific vessel 
geometry. For example, if given adequate input data (i.e. sufficient computational models 
which encompass the range of parameters of interests), an algorithm that examined 
parameters such as stent length, stent diameter, and degree of stent or artery tapering could 
be developed. Such a scheme could provide clinicians with optimal stent designs when 
tapered geometries are encountered. 
 53 
From a clinical standpoint, the results presented provide general guidelines for 
appropriate stent designs that can be used to treat tapered arteries. As most sites of stent 
deployment (e.g. coronary, carotid, femoral) experience a significant degree of taper, 
implantation of an unfavorable stent design could cause unnecessary trauma to the artery 
wall. Such injury could increase the risk of restenosis development or other major cardiac 
events; with a judicious choice of stent design such complications could be avoided. For 
example, our results indicate that if confronted with an artery with a high degree of taper, the 
clinician should choose a stent design that is more compliant and can conform to the natural 
taper of the artery. This will minimize the stress induced on the artery wall, with the 
possibility of increasing the success rate of the clinical procedure. The use of a more 
compliant stent could then serve the intended purpose of a tapered stent, without having to 
make the additional choice of the appropriate degree of taper for a particular artery. 
Limitations associated with this study include the use of axisymmetric artery wall 
models without a simulated diseased segment. The use of a specific diseased geometry 
would have limited the applicability of the results. It would have also been more difficult to 
compare the results from the two different stent designs, as local differences in stress would 
have been created simply by some portion of the plaque being covered by struts from one 
design and not another. It was our desire to generate results that have the widest degree of 
applicability, along with the capability of directly comparing the two stent designs. This 
comparison is most effectively done with the non-diseased tapered model used here. While 
residual stresses were not incorporated into the models, the stent induced changes in stress 
are at least an order of magnitude larger than those associated with residual stress. Therefore, 
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any influence that this would have on the values presented would likely not affect the 
relative comparison amongst the two stent designs. The use of relatively short stents is a 
minor limitation, in that it is not likely that the use of longer stents (with equivalent degrees 
of tapering in the arteries) would have resulted in any new information. It should also be 
noted that enforcement of the “glue” contact boundary prevented the stent from translating 
after “implantation”. Due to the high radial displacements achieved by both stent designs, 
the stents were essentially embedded in the artery, as they would be during balloon inflation, 
and sliding, if any, would be minimal. Our previous investigations with non-tapered arteries 
showed that changing the contact condition to allow the stent to slide freely in the artery has 
a minimal effect on the stress environment [64]. 
In summary, we have modeled the mechanical interaction of two different stents (one 
less stiff than the other) with tapered arteries. The rigidity of the stent was found to be an 
important determinant of final artery wall diameter and stress. More compliant stents should 
be considered in cases where significant arterial tapering is found. 
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CHAPTER IV 
EFFECTS OF STENT DESIGN AND ATHEROSCLEROTIC PLAQUE 
COMPOSITION ON ARTERIAL WALL BIOMECHANICS* 
 
Overview  
The deployment of vascular stents alters the mechanical environment in the artery, 
subjecting the artery to extremely high, non-physiologic stresses. These stresses require the 
artery to adapt and are most likely the cause of the development of neointimal tissue, 
ultimately resulting in restenosis. The primary goal of this investigation was to examine the 
solid mechanical effects of varying stent design and atherosclerotic plaque stiffness on the 
biomechanical environment induced in a diseased artery wall model. Computational 
modeling techniques were employed to investigate the final radius of the lumen and artery 
wall stresses after stent implantation. Two stent designs were investigated (one stiff and one 
less stiff). The stenotic artery was modeled as an axisymmetric, diseased vessel with a 20% 
stenosis by diameter. The material properties of the diseased tissue in the artery models 
varied. Atherosclerotic plaques half as stiff (0.5X), of equal stiffness (1.0X) or twice as stiff 
(2.0X) as the artery wall were investigated. Results revealed that final radial position was 
dependent on stent design, and that the stiffer stent deformed the artery to approximately a 
10% greater radial position than the more compliant design. Alternatively, circumferential 
                                                
* Reprinted from Journal of Endovascular Therapy, Vol. 15(6), L.H. Timmins, C.A. Meyer, M.R. Moreno, J.E. 
Moore, Jr., Effects of Stent Design and Atherosclerotic Plaque Composition on Arterial Wall Biomechanics, 
pp. 643-654, 2008 with permission from the Journal of Endovascular Therapy. 
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stress levels were shown to be dependent on both stent design and plaque material 
properties. Overall, the stiffer stent subjected the artery wall to much higher stress values 
than the more compliant design, with differences in peak values of 0.50, 0.31, and 0.09 MPa 
for the 2.0X, 1.0X, and 0.5X stiff plaques, respectively. Evidence suggests that a judicious 
choice of stent design can minimize stress while maintaining a patent lumen in stenotic 
arteries. If confronted with a rigid, calcified plaque, stent design is more important, as design 
differences can impose dramatically different stress fields, while still providing arterial 
patency. Alternatively, stent design is not as much of an issue when treating a soft, lipid-
laden plaque, as stress fields do not vary significantly amongst stent designs. 
 
Introduction 
The implantation of a balloon expandable stent to treat stenotic atherosclerotic 
disease imposes very high, non-physiologic stresses on the artery wall. The initial acute 
injury is caused by balloon dilatation, which is performed at pressures approaching two 
orders of magnitude higher than normal physiologic pressure. Initial injuries and responses 
thereto include endothelial denudation, thrombus deposition, and monocyte aggregation [27]. 
Further chronic injury provokes the processes associated with restenosis (i.e. inflammation, 
smooth muscle cell/fibroblast proliferation, and matrix protein deposition). In cases where 
the artery is unable to adapt or remodel successfully to this newly imposed biomechanical 
situation, restenosis results. 
Clinical studies have indicated the potential importance of stent design in triggering 
the restenotic process. Kastrati et al. [29] reported binary restenosis rates varying from 20% 
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to nearly 40% among balloon-expandable stainless steel designs. More recently, in-stent 
restenosis rates of bare metal versions of modern drug-eluting stents have been shown to 
vary from 36.3% for the Bx Velocity stent (Cordis) in the SIRIUS clinical trial to 26.6% for 
the EXPRESS stent (Boston Scientific) in the TAXUS-IV clinical trial [21]. These clinical 
studies indicate the importance of stent design, but provide little information that can be used 
to improve stent design and the biomechanical environment that they impose. In addition, 
the recent advancements of anti-restenotic strategies such as drug-eluting stents aim to 
counteract the negative effects of the high wall stresses imposed on the artery. However, 
complications such as late thrombosis [65] and the lack of long term success in peripheral 
arteries [66] still limit this technology. A further investigation into the artery wall stresses 
induced by stent implantation, and the pursuit of strategies to minimize them could reduce 
restenosis rates for both bare metal and drug-eluting stents.  
The geometric configuration of the stent struts is a principal determinant of the 
subsequent chronic stresses in the artery wall. Since stresses cannot be directly measured 
even in ideal circumstances (they are inferred from separate measurements of force and 
area), researchers have turned to computational modeling, such as the finite element method 
(FEM), to estimate the artery wall stresses induced by different designs. In the construction 
of such models, one must carefully consider the nature of the artery wall model, as modeling 
is limited by the material models used to characterize arterial and stenotic tissues. Using 
high-resolution imaging and digital reconstruction techniques, it is possible to model 
diseased segments of specific patients. Such imaging methods have been utilized to 
investigate the effects of commercially available stent designs on the mechanical 
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environment within diseased iliac arteries comprised of numerous different vascular tissues, 
each with unique mechanical properties [44, 67]. These studies indicate that specific stent 
designs can be assessed to determine their mechanical performance on “virtual” patients 
before implantation. While such studies demonstrate the importance of stent design, they are 
somewhat limited to that particular patient’s lesion geometry and its composition. Further 
advancement in imaging techniques – optical coherence tomography, intravascular 
ultrasound, magnetic resonance imaging – have allowed better characterization of the 
histological components of atherosclerotic plaques and have considerable potential to better 
assist in the development of patient specific modeling [68].  
An alternate strategy is to construct more “generic” models of the artery wall that are 
more suitable for delineating differences between stent designs. Generic models of the artery 
wall (with or without diseased segments), while appearing less relevant to the clinical 
application, have some advantages in the investigation of the effects of stent design. The 
applicability of the findings extends beyond a single patient, and one can test stent design 
variations without having to vary deployment parameters such as the rotational position of 
the stent relative to the specific plaque geometry. Lally et al. [45] analyzed the 
biomechanical interaction between both the S7 (Medtronic) and the NIR (Boston Scientific) 
stent designs in an idealized stenosed coronary artery. Artery and plaque material properties 
varied and were determined by curve fitting data from the mechanical testing of human 
femoral artery and calcified plaque tissue, respectively. Results concluded that the S7 stent 
design induced lower stresses on the artery wall as compared to the NIR design, which 
correlates well with observed clinical restenosis rates. Bedoya et al. [36] used a straight, non-
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diseased model of the artery wall to investigate the effects of varying the design parameters 
of a ring segment stent on artery wall stress and radial support. It was found that stents with 
large axial spacings and ring amplitudes imposed less stress on the artery wall. The final 
lumen diameter was approximately the same for the different designs. 
The inclusion of more realistic geometric features such as diseased segments would 
improve the clinical relevance of these studies. However, there are some key issues that arise 
in this pursuit. First, one must specify the mechanical properties of the plaque. Histological 
examination has demonstrated the heterogeneity of atherosclerotic plaques. In addition, 
mechanical testing has shown that the mechanical properties of the various tissue 
components (fatty streaks, lipid pool, fibrous cap, and calcium deposits) span orders of 
magnitude [69]. In particular, one investigation that examined the stress-relaxation response 
of various atherosclerotic plaque specimens (i.e. highly calcified, fibrotic, lipid-laden 
specimens) reported elastic moduli values ranging from 40 to 3300 kPa [70]. Generally, 
atherosclerotic plaques are considered to be either less stiff than a typical artery wall, as 
would be the case in lipid-laden plaques, or much stiffer than the artery wall, as occurs with 
increased calcification. As Hayashi [71] reported in a review of experimental studies of the 
material stiffness of diseased arterial tissue, 36% of the studies showed in an increase in 
elastic modulus, 29% showed a decrease, and 36% showed no significant chance when 
compared to non-diseased tissue. Such variations in tissue material properties are likely to 
affect the biomechanical environment (wall stresses, radial deformation) induced by the 
implanted stent. Additional issues include the choice of plaque geometry (i.e. concentric, 
axisymmetric). Choosing to vary both plaque material properties and geometry in addition to 
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varying the stent design is not feasible, as the number of simulations required to cover the 
physiologic parameter space quickly becomes overwhelming. 
The goal of this study is to determine the effects of varying stent design parameters 
on the final radial position achieved and the stress induced in a diseased, axisymmetric artery 
wall models. The focus in interpreting the results has been placed on the effects of varying 
the mechanical properties of the plaque, since this is most likely to impact the predicted 
stresses, as well as the final lumen diameter. Thus, we have chosen to investigate plaques 
that are less stiff (0.5X), of equal stiffness (1.0X), or stiffer (2.0X) than the artery wall. The 
results of this study and others in the literature provide a variety of bases for improving stent 
design overall, and perhaps more importantly, provide guidance for lesion-specific stenting. 
 
Methods 
A computational approach was employed to determine the biomechanical impact of 
varying stent design in stenotic vessels whose atherosclerotic plaques ranged in material 
stiffness. The two stent models, selected from the extreme designs identified in Bedoya et al. 
[36], are intended to represent designs that have high and low radial rigidity. The multiple 
step computational simulations began with over-expansion of the stenotic vessel, followed 
by translation of the stent into the diseased region, and finally reduction of the vessel internal 
pressure to systolic, followed by diastolic. The mechanics of contact between the two elastic 
bodies (stent and vessel) was modeled, which determined the final geometric configuration 
of the combined structure. The stent geometry was specified in the already expanded state 
with uniform mechanical properties and no internal stresses. The artery wall model features 
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non-linear, strain-stiffening properties, and the plaque is specified as being stiffer, less stiff, 
or having the same stiffness of the artery wall in separate models. 
Model Geometry. The 3D stent geometries investigated in this study have been 
previously reported [36]. Briefly, stent models were defined by three parameters: strut 
Spacing, Radius of curvature, and axial Amplitude (SRA). The two stent designs modeled 
were those that imposed the highest (stent 1Z1) and lowest (stent 2B3) values of 
circumferential stress and radial displacement in the aforementioned investigation. Stent 1Z1 
is characterized by a strut spacing of 1.2 mm, radius of curvature of 0 mm, and amplitude of 
0.6 mm, while stent 2B3 is described by parameter values of 2.4 mm, 0.3 mm, and 1.8 mm, 
respectively (Figure 4.1). Stent designs had a deployed outer radius of 2.475 mm, 
approximately 10% larger (1.1 to 1.0 stent-to-artery ratio) than the intimal radius of a healthy 
region (white region in Figure 4.2) of the vessel at systole, and a constant strut thickness of 
100 µm. These geometrical values agree with manufacturers’ recommendations and common 
stenting practice [47]. Due to the repeating nature of ring segments in stent designs, and the 
fact that any edge effects have dissipated within the first ring segment, the biomechanical 
environment within the middle section of the stent model is equivalent to that of any two 
inner rings of a full length stent. Thus, only a portion (9 mm in length) of a full length was 
modeled; 8 ring segments for stent 1Z1 and 4 ring segments for stent 2B3. The near-periodic 
pattern of the resulting stresses near the middle rings supports the validity of this 
assumption. The material of the stent was modeled as 316L stainless steel (Young’s Modulus 
(E) = 200 GPa, Poisson’s Ratio (ν) = 0.3). 
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Figure 4.1: Stent Design Geometries. Illustrations of the stent designs employed in this 
investigation. The 1Z1 design has a high radial stiffness, and induces high radial displacement 
and stress on the artery wall. The 2B3 design has a lower radial stiffness and places less radial 
displacement and stress on the artery wall [36]. 
 
 
The diseased artery was modeled as a generalized, stenotic vessel characterized by a 
18 mm long cylinder with a localized, concentric atherosclerotic plaque (Figure 4.2). The 
plaque was designed to be a maximum stenosis of approximately 20% by diameter at 
diastolic pressure (i.e. equivalent to a residual plaque burden of 20% after stent 
implantation). The model is representative of a tighter stenosis that has been balloon-
expanded and fractured, and agrees with angiographic results from post-dilation of clinically 
significant stenoses [72]. Note that this investigation is focused on the biomechanical 
environment after the balloon has been deflated and retracted leaving the stent at its 
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expanded diameter (i.e. focus is placed on the chronic stent induced stress). Thus, further 
complexities associated with the plastic deformation of the stent and possible plaque fracture 
during expansion are avoided. Also, the requirement to have the stenoses hold approximately 
the same shape at physiologic axial stretch and diastolic pressure meant that each had a 
different unloaded geometry (Figure 4.3). 
 
 
Figure 4.2: Stenotic Artery Geometry. Undeformed geometry of the diseased models used in 
this investigation; vessel radius (rv), stenosis radius (rs), vessel length (lv), stenosis length, (ls). 
The white region denotes healthy arterial tissue and the dark region denotes the atherosclerotic 
plaque. The stent was “deployed” only in the diseased region. 
 
 
 
Figure 4.3: Unloaded Stenosis Geometries. Due to the variation in plaque material properties, 
the unloaded geometries of the stenosed arteries varied – unloaded (B), stretched (C), 
stretched and pressurized (80 mmHg, A) – to ensure that each model had the same radial 
dimensions at diastolic pressure (~20% stenosis by diameter). 0.5X – dashed, 1.0X – solid, 
2.0X – dotted. 
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The material properties of the artery have been previously utilized in computational 
models [36, 56]. The same form of the strain energy function (SEF) was used to describe the 
plaque material properties. The plaque stiffness was adjusted by scaling the constants in the 
SEF. Atherosclerotic plaques 0.5, 1.0, and 2.0 times as stiff as the vessel were modeled in 
this investigation. The effect of scaling the constants in the SEF is seen in Figure 4.4. The 
range of plaque of mechanical properties investigated fall within that of experimental data 
for atherosclerotic tissue [69], and other computational studies of stented diseased vessels 
[73]. 
 
 
Figure 4.4: Artery Wall and Plaque Material Responses. Material responses used to describe 
the arterial wall and atherosclerotic plaque. The SEF constants were scaled to model plaques 
that were half as stiff (0.5X, dashed), of equal stiffness (1.0X, solid), or twice as stiff (2.0X, 
dotted) as the artery wall. 
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FEM Simulations. The 3D FEM models were constructed using MSC.Patran 2005 r2, 
while MSC.Marc 2005 v1 was employed as the non-linear solver (MSC Software, Santa 
Ana, CA). Displacement, pressure, and contact boundary conditions were applied in multiple 
stages (fixed load increments). Initially an axial stretch ratio of 1.59 was applied to the 
vessel to simulate in vivo longitudinal tethering. A pressure was then applied to the inner 
surface of the vessel (varied between 660 – 1000 mmHg depending on plaque material 
properties), inflating the inner radius to a position larger than the outer radius of the over-
sized stent. Note that these over inflation pressures are not directly related to balloon 
expansion, but rather were required to ensure proper apposition of the strut to the artery wall. 
The stent was then translated in the axial direction until the midpoints of the stent and artery 
overlapped. The inner pressure was then reduced to systolic value (120 mmHg), and finally 
diastolic (80 mmHg). Throughout the simulation constraints were applied to both the artery 
and stent symmetry edges to restrict rotation and only allow in-plane deformations. 
To optimize computational resources, only a quarter of the circumference of the stent 
and artery were modeled. Furthermore, a non-uniform mesh of the vessel was constructed in 
which the stented region was twice as dense as the non-stented region. The models are 
discretized using 20-node hexahedral elements, with total element numbers of 922, 938, and 
19,320 for stents 1Z1, 2B3, and the vessel, respectively. Displacements were interpolated 
using quadratic Lagrange functions and contacting bodies were defined with C2-continuous 
Non-Uniform Rational B-Splines surface (NURBS). The mesh was considered converged 
when circumferential wall stress and deformed radial position values at diastolic pressure 
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differed by <2% and <1.25%, respectively, while doubling the mesh density of the stented 
region in all principal directions (r, θ, z). 
Evaluation Methods. To examine differences amongst stent designs, as well as the 
material properties of the plaques, the biomechanical (radial displacement, wall stress) 
impact of stent deployment in stenotic arteries was analyzed. From a clinical standpoint, 
radial position is of utmost importance for stenting procedures, as sufficient displacement is 
required to restore blood flow to downstream tissues. As a measure of each stent design’s 
ability to maintain a patent lumen, the deformed radial position achieved by each design on 
the various plaque properties was evaluated. As studies have shown that arteries remodel in 
response to increased levels of blood pressure (i.e. hypertension) [74] and arterial cellular 
components respond to varying levels of cyclic stretch [75], it is thought that changes in the 
normal physiologic mechanical environment result in a biological response that aims to 
restore mechanical values (wall stress, fluid shear stress) to homeostatic levels. Thus, it is 
hypothesized that neointimal growth is a direct result of the extremely high, non-physiologic 
stresses induced by the stent onto the artery wall. Circumferential (hoop) stress values in the 
artery wall were compared to two representative measures of wall stress. Using analytical 
techniques (described below) values at the original location of the intima were examined, as 
it is a preferred location to detect biomechanical differences that may be related to restenosis 
due to its immediate proximity to the internal elastic lamina (IEL). Disruption of the IEL has 
been shown to greatly increase the risk of restenosis development [60, 61]. Average stress 
values through the thickness were also analyzed; such values can be compared to Law of 
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Laplace values, to examine the impact of stent deployment on the averaged stresses induced 
on the artery wall. 
Results from the FEM simulations are reported as nodal values corresponding to 
radial displacement and circumferential stress at diastolic pressure. These values were used 
for post-processing calculations. Radial displacement values were used along with 
undeformed radial locations to determine final lumen position after “implantation” of the 
stent. Deformed radial position values of the intimal surface were averaged around the 
circumference (θ-averaged) along the length of the deformed artery. Circumferential stress 
fields, from each FEM simulation, consisted of average circumferential stress plots at the 
location of the IEL. Circumferential stress values at the IEL were determined by quadratic 
interpolation from nearby nodal values (i.e. nodes shared the same undeformed 
circumferential and axial location). As described above, the interpolated values were 
averaged around the circumference along the length of the deformed artery. 
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Results 
The final inner radius of the stented artery was found to depend strongly on the stent 
design, but very weakly on the plaque properties. Deployment of the stiffer stent (1Z1) 
resulted in a final inner radius of approximately 2.47 mm in the stented region for all plaque 
material properties, while deployment of the more compliant stent (2B3) resulted in a final 
radius of approximately 2.27 mm (Figure 4.5). The inner radius of the unstented artery 
outside the plaque is 2.07 mm at diastolic pressure, so both stents would be considered 
clinically successful. Recall that both stents were sized to be 10% larger than the systolic 
radius of the artery outside the plaque. Note also that there was a slight inward motion near 
the edges of the stent with the stiffest plaque and more compliant stent. This occurs due to 
the stiff plaque pushing inward at the edges of the stent; the part of the structure with the 
least radial strength. The final radius in the stiffer stent was nearly uniform along the length 
of the stent, with sharp drop-offs at the ends. In the more compliant stent, the final radius 
tapered off more gradually at the ends. 
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Figure 4.5: Final Inner Radial Positions. Deformed radial position values were determined by 
averaging around the circumference of the vessel at diastolic pressure along the vessel axis. It 
was determined that final radial position was only dependent on stent design and not plaque 
material properties. The stiffer (1Z1) and more compliant (2B3) stent designs propped the 
artery open to approximately 2.47 mm and 2.27 mm, respectively, despite the change in 
plaque material properties. 
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Circumferential stress values at the original arterial intima, representative of the 
location of the IEL, were higher in the presence of a stiffer plaque and were dependent on 
stent design. Examination of the peak stress values (θ-average) in the stented region revealed 
that the largest differences in circumferential stress attributable to stent design were observed 
with the stiffest plaque. The peak circumferential stress value in the stented region was 1310 
kPa with the 2.0X plaque and the stiffer stent (1Z1), while it was 803 kPa with the more 
compliant stent (2B3) and the same plaque (Figure 4.6). With the 1.0X plaque, the peak 
circumferential stress was 750 kPa with the stiffer stent (1Z1) and 443 kPa with the more 
compliant stent (2B3). The smallest differences between stent designs were observed with 
the 0.5X plaque. In this case, the peak circumferential stress was 262 kPa with the stiffer 
stent (1Z1) and 158 kPa with the more compliant stent (2B3). As with radial displacement, 
the circumferential stress field was more uniform along the length of the stiffer stent, while it 
tapered off more gradually at the edges of the more compliant stent.  
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Figure 4.6: Average Circumferential Stress at Location of Internal Elastic Lamina (IEL). 
Artery wall hoop stress values (averaged over the circumference) at the IEL were dependent 
on both stent design and plaque material properties. Highest stress values were observed for 
the stiffest plaque (2.0X) and most rigid stent (1Z1), while the smallest values were seen for 
the least stiff plaque and more compliant stent design (2B3). Note high circumferential stress 
values at the IEL are most likely to disrupt this structure, provoking neointimal growth, 
leading to restenosis [60, 61]. 
 
 
Mean (averaged through the thickness) circumferential artery wall stress were 
substantially higher for the more rigid stent (1Z1) design, and were an order of magnitude 
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higher than that predicted by Law of Laplace for an unstented artery (both healthy and 
diseased). As a reference, Law of Laplace predicts a mean stress value of 35.5 kPa for the 
healthy region of the vessel, whereas a value of 22.0 kPa was calculated for the stenotic 
region, both at diastolic pressure. In the presence of the more rigid stent (1Z1), mean stress 
values in the middle 50% of the stent (i.e. the region where the ring segments would repeat 
in a full length stent) were 465, 425, and 411 kPa, for the 2.0X, 1.0X, and 0.5X plaque 
stiffnesses, respectively. The more compliant stent (2B3) design induced considerably lower 
mean stress values, with values of 283, 255, and 257 kPa for the plaque stiffnesses of 2.0X, 
1.0X, and 0.5X, respectively. 
The range of circumferential stress experienced by the IEL around the central portion 
of the stented plaques was much higher with the stiffer plaques, and depended on stent 
design. The maximum circumferential stress typically occurred adjacent at the point where 
the struts contacted the plaque, while the minimum circumferential stress occurred at points 
removed from the strut locations. Within the middle 50% of the stented length, 
circumferential stress values ranged from 1160 to 1310 kPa, with an average value of 1230 
kPa, for the more rigid stent (1Z1) and stiffest 2.0X plaque (Figure 4.6). In the case of the 
more compliant stent (2B3) design in the 2.0X plaque, the stress values ranged from 663 to 
803 kPa, with an average of 746 kPa. Decreasing the plaque stiffness resulted in decreases in 
both the range of circumferential stresses and the average induced at the location of the IEL. 
With the 1.0X plaque stiffness, circumferential stress values of 662, 749, and 708 kPa 
corresponding to the minimum, maximum, and average stress values, respectively, were 
observed for the 1Z1 stent design. The corresponding values for the 2B3 design in the 1.0X 
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plaque stiffness were 390, 443, and 425 kPa, respectively. For the least stiff plaque (0.5X) 
models, both the range of circumferential stresses induced, and the average were lower and 
more similar between the two stent designs. Stress values of 209, 262, and 237 kPa for the 
minimum, maximum, and average values, respectively, were found for the rigid (1Z1) 
design, whereas values of 132, 158, and 147 kPa were observed for the more compliant stent 
(2B3) design.  
Examination of the stent edges revealed very abrupt changes in circumferential stress 
over small distances (i.e. high stress gradients). For the case of the stiffest plaque (2.0X) and 
stent (1Z1), average circumferential stress values varied rapidly by approximately 748 kPa 
over distances of <1.0 mm. For the same plaque stiffness, the more compliant stent (2B3) 
design had stress changes of approximately 341 kPa over the same distance. The same trend 
held for the 1.0X case, where the stiff stent had larger changes (407 kPa) than the more 
compliant design (154 kPa) over a distance of <1.0 mm. The least stiff plaque (0.5X) saw the 
smallest difference between designs, with circumferential stress changes of 57.6 and 4.45 
kPa for the stiffer (1Z1) and more compliant (2B3) designs, respectively, over <1.0 mm 
distances. 
 
Discussion 
The biomechanical implications of stent implantation include dramatic changes in 
artery wall stress and flow patterns. While these effects in general are consequences of the 
clinical need to prop open the artery, there are strategies that designers and clinicians can 
undertake to minimize the deleterious role biomechanics can play in the restenosis process. 
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Studying the effects of stent design on artery wall stress, followed by an informed choice of 
the most appropriate stent design for a particular plaque, is one such strategy. We have 
investigated the effects of stent design on stresses in the walls of arteries with plaques 
representative of the variety encountered clinically (less stiff, equal stiffness, or more stiff 
than the artery wall). In order to preserve the general applicability of the results, the plaque 
geometries were rather “generic” in nature (i.e. axisymmetric). The results indicate that stent 
design and plaque composition combine to determine stress at the location of the IEL, and 
that a judicious choice of stent design can minimize stress at this location while maintaining 
arterial patency. 
In all cases studied here, the stents were successful in establishing a patent lumen, as 
values of final percent stenosis after the implantation agree with clinical data [76]. The 
degree to which the artery was propped open was approximately constant for a given stent 
design, with a negligible degree of dependence on the plaque properties. The stiffer stent 
resulted in a larger final diameter than the more compliant stent, but the differences were 
small and not likely to result in a clinically significant difference in acute blood flow 
restoration. In the case of the stiffest plaque and most compliant stent, there was a slight 
inward motion of tissue at the edges of the stent. This highlights the importance of insuring 
that the stent is of a sufficient length. 
In contrast to the results for deformed radial position, the stress in the artery wall 
depended on both stent design and plaque properties, with the differences between stents 
being more pronounced for the stiffer plaques. It should be noted that there is no explicit 
stress level (value) known to lead to an adverse biological response (inflammation, 
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neointimal hyperplasia, etc.). Stress values at the level of the IEL, at diastolic pressure, were 
as much as 1310 kPa (1Z1 design, 2.0X plaque stiffness), or approximately 6.72 times the 
stress at the IEL in the normal artery wall. Peak stresses at the IEL were much lower for the 
softest plaque (0.5X), and both peak and average stress values only differed by 104 and 90.1 
kPa, respectively. Thus for a relatively soft, lipid-laden plaque, the more rigid stent design 
would be more preferable to implant, as there is not a considerable difference in the stress 
subjected onto the artery compared to the other design and a much larger radial 
displacement. Alternatively, for a rigid, calcified plaque the more compliant stent design 
would be preferred, as it would still provide sufficient radial support, while greatly reducing 
chronic injury to the artery wall. In all cases with the stiffer stent, the entire stented region 
was subjected to a relatively uniform high stress. With the more compliant stent, the stress 
tapered off at the ends (a sign of “compliance matching,” see Berry et al. [37]), and there 
was a greater degree of heterogeneity around the circumference at a given axial location. 
While it is certainly likely that the value of the maximum stress is the principal determinant 
of IEL rupture, chronic average stress values in the stented region could also lead to adverse 
biological responses. Whether maximum of average stress values are more important in the 
development of neointimal tissue remains to be elucidated. It is also possible that local 
gradients in stress trigger cellular proliferation to a degree that influences restenosis. 
We have limited the presentation of stress results to the approximate location of the 
IEL because the disruption of this structure has been linked to a greater risk for restenosis 
[60, 61]. In general, stress varies from very high values at the inner wall to much lower 
values at the outer wall. This is due to two factors. First, the expansion of an incompressible 
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cylindrical structure results in a higher strain at the inner wall than at the outer wall, with the 
difference related to the local wall thickness. Second, the non-linear (strain stiffening) 
behavior of the artery wall material essentially amplifies the strain difference, so that the 
stresses at the inner wall are higher than those at the outer wall by a greater degree of 
proportionality than with strain. On the surface of the plaque, where wall thickness is 
highest, extremely high circumferential stresses (on the order of 2.5 MPa) were predicted in 
our model, but not reported in the results. Such high stresses are likely to result in plaque 
fracture, and this is indeed a common observation in plaques that have been subjected to 
balloon angioplasty alone [77]. 
As with any modeling study, there are a number of limitations that should be 
recognized in the application of these results. The most obvious is the assumed symmetry 
and homogeneity of the plaque and artery. Any effort to model a plaque with a more realistic 
geometry must address the basic question, “which plaque?” There is of course a tremendous 
variety of plaque geometries, just as there is a tremendous variety of plaque mechanical 
properties. Therefore, we have chosen to study variations in plaque mechanical properties, 
sacrificing specificity in geometry in favor of more generality in the applicability of the 
results. Further studies of the effects of plaque geometry are certainly warranted, but 
inherently much more computationally demanding than the work presented here in terms of 
numbers of models required and the need to model a full circumference of stent and artery. It 
was assumed that only elastic deformation occurred in all structures (artery, plaque, and 
stent). Therefore, we have chosen not to include plaque fracture or damage in our models, so 
the stresses predicted in the plaque itself may not be reliable (i.e. fracture would likely occur 
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at much lower stress values). While there are studies that have investigated atherosclerotic 
plaque fracture [78], it is an event that is highly dependent on plaque geometry and 
composition and thus highly patient specific. 
We have also limited our study of plaque properties to a range indicative of 0.5X to 
2.0X the native artery stiffness. It is likely that, when assessed with appropriate finite 
deformation models, a wider range of plaque properties could be identified, yet the stiffness 
values examined are within the range of available experimental data [41], as well as other 
computational studies [73]. The range of stent designs could also be extended. In both cases, 
it is likely that the general trends exhibited here (higher stress with stiffer plaques, stiffer 
stents, etc.) would hold. 
In addition, the stent expansion process was not modeled, so any material 
inhomogeneities that could result from plastic deformation are not taken into account (i.e. it 
is assumed that the homogeneous material properties of the stents are identical upon 
initiation of contact with the artery wall), although it is also not likely to change the trends. It 
should also be noted that vascular stenting causes non-laminar flow patterns to develop 
within a stented artery, as both computational and experimental studies have shown [42, 43, 
79]. While only the solid mechanical environment was investigated in this study, both solid 
and fluid mechanical factors should be considered when optimizing stent design and 
improving the long-term patency of these devices. 
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Conclusion 
In this study, variations in stent design were investigated to determine their impact on 
the biomechanical environment in diseased vessels with varying plaque material properties. 
It was determined that the position of the lumen after stent deployment was only dependent 
on stent design, with the stiffer stent (1Z1) propping the artery open to a larger radial value. 
Also, the displacement field was much more uniform with the stiffer stent, whereas the more 
compliant design (2B3) revealed inward motion at its edges. Alternatively, the 
circumferential stress values were dependent on both stent design and plaque material 
properties. Higher stresses were observed with the stiffer plaque, while comparison amongst 
designs showed the stiffer stent inducing higher stress values than the more compliant design 
across all plaque material properties. The smallest difference between stent designs occurred 
with the least stiff plaque. Furthermore, abrupt changes in stress values were observed at the 
stent edges, with larger changes being observed with the stiffer stent. 
It is thought that regions of high artery stress are the most susceptible to an adverse 
biologic response. Thus, any chance to minimize such stresses, while still maintaining 
arterial patency, should be strongly considered. In the case of rigid, calcium-rich 
atherosclerotic plaques, the more compliant stent design (i.e. large strut spacing (h), radius of 
curvature (ρ), and axial amplitude (f)) would be preferable in order to reduce unnecessary 
chronic trauma to the artery wall and still provide adequate radial rigidity to restore blood 
flow. When approached with softer, lipid-laden plaques, a more rigid stent design (i.e. small 
strut spacing (h), radius of curvature (ρ), and axial amplitude (f) could be implanted, since 
either design induces a similar stress field. Such “general” design guidelines can be applied 
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to interventional procedures with commercially available designs. Further advancements in 
imaging modalities and a more thorough investigation of the mechanical properties of 
diseased tissue will assist in designing stents for individual patients (i.e. lesion specific 
stenting). 
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CHAPTER V 
INCREASED ARTERY WALL STRESS POST-STENTING LEADS TO GREATER 
INTIMAL THICKENING 
 
Overview 
Since the first human procedure in the late 1980’s, vascular stent implantation has 
been accepted as a standard form of treatment of atherosclerosis. Despite their tremendous 
success, these medical devices are not without their problems, as excessive neointimal 
hyperplasia can result in the formation of a new blockage (termed restenosis). Clinical data 
have suggested that stent design is a key factor in the development of restenosis. In addition, 
computational studies have indicated that the biomechanical environment is strongly 
dependent on the geometrical configuration of the stent, and therefore possibly involved in 
the development of restenosis. In particular, we hypothesize that stents that induce higher 
stresses on the artery wall lead to a more aggressive pathobiologic response, as determined 
by the amount of neointimal hyperplasia. Therefore, the aim of this investigation was to 
examine the role of solid biomechanics in the development of restenosis. A combination of 
computational modeling techniques and in vivo analysis was employed to investigate the 
pathobiologic response to two stent designs that impose greater or lesser levels of stress on 
the artery wall. Stent designs were implanted in a porcine model for approximately 28 days 
and novel integrative pathology techniques were utilized to quantify the pathobiologic 
response. Concomitantly, computational methods were used to quantify the mechanical loads 
that the two stent designs place on the artery. Results reveal a strong correlation between the 
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stress values induced on the artery wall and the pathobiologic response; the stent that 
subjected the artery to the higher stresses had significantly more neointimal thickening at 
stent struts (high stress stent: 0.197 ± 0.020 mm vs. low-stress stent: 0.071 ± 0.016 mm). 
Therefore, we conclude that the pathobiologic differences are a direct result of the solid 
biomechanical environment, confirming the hypothesis that stents that impose higher wall 
stresses will provoke a more aggressive pathobiological response. 
 
Introduction 
Despite the technological advances since the first human implantation of a vascular 
stent, the development of neointimal tissue following implantation of these devices still 
remains an incessant problem for the treatment of atherosclerosis. Neointimal hyperplasia 
can ultimately lead to device failure due to the development of a new blockage in the stented 
region, termed restenosis. Clinical data has indicated the significance of stent design in the 
formation of neointimal tissue. Restenosis rates in coronary arteries ranging from 
approximately 20 – 40% for bare metal stents (BMS) have been reported, with the BMS only 
differing by their geometrical configuration [21, 29]. While drug-eluting stents (DES) have 
decreased restenosis rates to <10% in coronary applications [21], numerous problems [e.g. 
late stent thrombosis [65], impaired reendothelialization [65], lack of success in peripheral 
arteries [66], hypersensitivity reactions [32] and high cost have raised concerns over their 
exclusive use. Regardless of the failure rates of these devices, in 2006 alone, more than 
650,000 percutaneous coronary interventions coupled with stent implantation were 
performed [5]; this number does not include the number of stent implantations in other areas 
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of the vasculature (e.g. carotid, renal, femoral). Thus, as vascular stenting is a standard for 
treatment of occlusive artery disease, and their use is likely to increase, there is an imperative 
need to increase the success rate of this therapy. 
 The etiology and biological mechanisms that result from the introduction of a stent 
into the vasculature have been well documented both in humans and animal models. 
Edelman and Rogers [27] defined the vascular response to stenting as a four-phase process 
(thrombosis, inflammation, proliferation, and remodeling) that may or may not result in 
restenosis development. Previous investigations have indicated that biomechanics plays a 
key role in each of these pathobiologic stages. Moreover, the biomechanical impact of stents 
is largely governed by their exact design configuration. 
The first phase in the response of the artery wall to stent implantation is thrombus 
formation. This involves the delivery of platelets to the largely denuded artery wall and stent 
struts, both of which can be highly thrombogenic surfaces. The degree to which platelets 
adhere to these surfaces depends primarily on whether or not the local flow field is directed 
toward or away from the wall [80]. Higher degrees of platelet accumulation have been noted 
in regions where instantaneous streamlines point toward the wall. One result of this behavior 
is that in areas where stent struts are very closely packed, and the mainstream of the flow 
“skims over” the top of the stagnant area in between, platelet adhesion is lowest [81]. 
Presumably, the delivery of blood-borne inflammatory cells follows similar patterns. 
Platelets and inflammatory cells can also be triggered into their activated states by stagnant 
flow patterns [82, 83]. The altered solid mechanical environment following stent deployment 
also governs the inflammatory and remodeling response. In vivo and in vitro studies have 
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demonstrated that arterial adventitial fibroblasts migrate to the neointima where they 
differentiate into myofibroblast and secrete various extracellular matrix proteins [84, 85]. 
This migratory response is a direct result of the mechanical forces induced on the artery wall 
following stent implantation. Computational studies have shown that the solid mechanical 
environment is strongly dependent on stent design. In particular stents that are characterized 
by a large strut spacing and axial amplitude impose considerably less stress on healthy [36], 
tapered [86], and diseased artery models [87]. Thus, there is a tremendous body of evidence 
indicating that stent design plays a significant role in the altered fluid and solid mechanical 
environments following their deployment, and it is reasonable to expect that the overall 
mechanical environment affects the long-term patency of these devices. Further information 
on the effects of specific stent design parameters on in vivo responses and especially the 
eventual development of intimal hyperplasia would be of benefit in designing more 
successful implantable devices.   
There is a clear role of biomechanics in the improvement of currently available 
vascular stents and in their future development. It is interesting to note that many DES 
essentially employ the same design configuration as their BMS counterparts with a drug-
loaded polymer coating on the underlying metallic surface (e.g. Cypher and Bx Velocity, 
Cordis, Johnson & Johnson, Miami Lakes, FL, USA; TAXUS and NIR, Boston Scientific 
Corp., Natick, MS, USA). These similarities have lead to some concern over the long-term 
effect of DES following complete elution of the drug. Recently the PAINT trial compared 
the effectiveness of three geometrically identical stents, two of which were covered with a 
biodegradable-polymer carrier releasing either paclitaxel or sirolimus [88]. While results 
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revealed a significant difference in restenosis rates between the two DES when compared to 
the BMS, there was no significant difference between the two DES. These findings indicate 
that the difference in clinical restenosis rates observed between commercially available 
stents [89] might not be a result of the pharmaceutical agents eluted, but rather the 
differences in their stent designs. 
As a means of correlating the biomechanical environment and resulting 
pathobiological response following stent implantation of various designs, we employed a 
combination of computational modeling techniques and in vivo analysis to directly assess the 
role of biomechanics in the development of restenosis. In particular, our objective in this 
study was to quantify both the solid biomechanical environment and in vivo arterial response 
of two stent designs that have been shown to impose considerably different mechanical 
stresses and strains on the arterial wall. Thus, we tested the hypothesis that stents that induce 
a non-favorable biomechanical environment (i.e. subject the artery to higher non-physiologic 
stresses) provoke a more aggressive pathobiological response of the artery wall, resulting in 
a higher degree of neointimal hyperplasia. The results from this investigation will provide 
insight into the design of vascular stents that reduce the mechanical trauma on the artery 
wall, and thereby reduce the neointima hyperplasia and increase the success rates of future 
stent design iterations. 
 
Methods 
In order to examine the pathobiologic response to vascular stent designs that induce 
extremely different biomechanical environments, two stent designs were deployed in a 
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healthy porcine model. Similar stent designs to those employed in this study were previously 
investigated using the finite element (FE) method [36, 86, 87] and shown to induce either 
extremely high or low stresses on the arterial wall; herein, the two designs investigated are 
denoted as the high-stress and low-stress stent designs, respectively (Fig. 5.1). 
Computational modeling techniques were used to examine the mechanical loads induced by 
the two stent designs on a 3-dimensional (3D), healthy, thick-walled, non-linear model of the 
artery wall. In addition, qualitative evaluation of the pathobiologic response was achieved by 
utilization of integrative pathology techniques (quantitative micro-CT, histology). 
 Computational Modeling. The computational modeling techniques have been 
employed and discussed in detail elsewhere [36, 56, 86, 87]. Briefly, the computer-aided 
design drawings provided to Laserage Technology Corporation (Waukegan, IL, USA) for 
cutting of the stents were imported into MSC.Patran (MSC Software, Santa Ana, CA, USA) 
to create 3D finite element models of the stented arteries. Stent designs had a constant strut 
thickness of 100 µm and a deployed outer radius of 2.5 mm (as designed by manufacturer; 
Fig. 5.1). The material of the stent was modeled as 316L stainless steel (E = 200 GPa, ν = 
0.3). The artery was modeled as a straight homogenous cylinder with isotropic nonlinear 
hyperelastic material properties that were determined from biaxial mechanical testing of 
porcine arterial tissue as previously described [36]. Dimensions of the artery model were 
determined from measurements of hematoxylin and eosin (H&E) stained histological 
sections [inner unloaded radius (ρi), outer unloaded radius (ρo)] and from angiographic data 
[loaded inner radius (ri)] obtained during stent implantation. Assuming that arterial tissue is 
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an incompressible material, which has been quantified experimentally [90], the loaded outer 
radius (ro) value was determined by 
 
 
 
where λz is the axial stretch ratio. The axial stretch ratio assumed a value of 1.57, which 
agrees with experimental measurements obtained from the most distal end of porcine aortas 
just proximal to the iliac bifurcation [91]. As a result, the inner and outer radii values of the 
artery model at diastolic pressure were 1.72 (agrees with angiographic data) and 1.94 mm, 
respectively. 
To determine the differences in the mechanical impact of implanting the two stent 
designs, the biomechanical environment induced on the artery wall was analyzed. In 
particular, circumferential (hoop) wall stress and radial displacement values on the inner 
surface of the artery wall were evaluated. Both parameters were examined at diastolic 
pressure, as it is during this time frame of the cardiac cycle where the impact of stenting is 
most severe. Circumferential wall stresses were analyzed as they are most likely to disrupt 
and possibly rupture the internal elastic lamina (IEL), which has been shown experimentally 
to be directly associated with the development of restenosis [60, 61]. Furthermore, previous 
analysis in our lab has indicated that circumferential stress constitutes the major contribution 
in the maximum principal stresses. Thus, only circumferential stress values on the intimal 
surface of the artery are presented herein. As a reference, the Law of Laplace estimates the 
! 
ro = ri2 +
1
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circumferential wall stress in an unstented artery with identical geometric dimensions as 
approximately 83 kPa at diastolic pressure. While this formula is not appropriate in this 
situation [i.e. the Law of Laplace is only applicable in determining the circumferential 
(Cauchy) stress in thin-walled pressurized cylinder], the value serves as a general reference 
guideline for evaluation of the extremely high non-physiologic, stent induced stress values 
placed on the artery wall. Radial displacement values on the inner surface of the artery were 
also analyzed as a means of assessing the ability of the stents to maintain a patent lumen 
following implantation (i.e. they provide enough radial rigidity to prevent elastic recoil by 
the artery). 
 
 
Figure 5.1: Vascular Stent Designs for the In Vivo Study and Computational Modeling. (A) 
Laser cut stent designs prior to attachment on balloon catheter system for implantation. (B) 
Deployed high-stress stent (left: finite element model, right: laser cut design) (C) Deployed 
low-stress stent. 
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Quantitative analysis of the FE models was achieved by evaluation of nodal values 
for circumferential stress and radial displacement. The nodal values were either plotted as 
color maps to assess the stress and displacement fields or exported for further post-
processing (e.g. determining average values in the stented regions) in Matlab (MathWorks) 
subroutines. 
 Animal Model. All surgeries (n = 8) were performed in the catheterization suite in the 
Texas A&M Small Animal Clinic (College of Veterinary Medicine, Texas A&M University, 
College Station, TX). The Institutional Animal Care and Use Committee at Texas A&M 
University approved animal experimental procedures. 
 Prior to surgery, an initial pre-operation examination, including deworming and 
baseline blood work, was carried out on healthy female domestic pigs (n = 8). Seventy-two 
hours before surgery, the animals were given Aspirin (10 mg/kg, PO) and Plavix (75 mg, 
PO). Before surgery, an initial intramuscular injection of anesthesia (Buprenorphine, 0.05 
mg/kg, IM; Telazol 5.0 mg/kg, IM) and a bolus of Heparin (300 units/kg, IV) were 
administered. Following intubation, the animals were maintained (Isoflurane, 1-4% MAC, 
inhaled; LRS drip, 10 mL/lb, IV) with a continuous infusion of Heparin (10 mL/hr, IV). 
Heart rate (ECG), blood pressure (tail cuff), blood gases (pulse oximeter), and core 
temperature were continuously monitored. The neck area was prepared for aseptic surgery 
and draped. An incision was made lateral to the midline overlying the left common carotid 
artery, which was isolated and controlled with arterial loops. An 8 F catheter sheath was 
passed into the left carotid artery, and subsequently a guide wire was introduced and guided 
to the pelvic region under fluoroscopy. Prior to stent implantation, the hind limb vascular 
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region was visualized to determine vessel diameter and other anatomical features (e.g. 
branching, taper, etc.). All images and videos were stored digitally. One stent design was 
deployed in the left common iliac (or common femoral) artery. The procedure was repeated 
in the contralateral iliac (or femoral) with deployment of the other stent design, such that one 
of each design was implanted in the left or right iliac (or femoral) artery. In the event that the 
vasculature allowed for multiple stents to be deployed on each side (i.e. proper vessel 
diameter along sufficient length), a total of four stents were deployed (1 stent of each design 
in each side). Angiograms were obtained to document stent post-deployment location, 
baseline diameter, and proper strut apposition. The implantation sites for the two stent 
designs were randomized. Animals recovered in singles cages and then returned to social 
housing. The animals received daily doses of Aspirin (10 mg/kg, PO) and Plavix (75 mg, 
PO) post-operation. 
Approximately 28 days post-implantation, animals were anesthetized as described 
above and a final angiogram was obtained. The animals were euthanized with a bolus 
injection of Buthanasia (39 mg/kg) and transported to the necropsy lab for tissue harvesting. 
After the stented arteries were located, they were flushed with phosphate buffered saline for 
10 minutes and fixed in situ by perfusion with 10% neutral buffered formalin for 10 minutes. 
The stented vessels were isolated, photographed, and transported to the Cardiovascular 
Pathology Laboratory (Department of Veterinary Pathobiology, College of Veterinary 
Medicine, Texas A&M University) for processing. 
Histopathologic Evaluation. Following tissue harvesting and removal of excess 
connective tissue, stented artery specimens were prepared for histological analysis. Prior to 
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micro-CT acquisition, stented arteries were injected with a barium sulfate solution (0.56 
g/mL) to ensure adequate contrast between the vessel lumen, stent struts, and surrounding 
arterial tissue. Barium-injected specimens were then dehydrated through graded alcohols, 
infiltrated with plastic embedding media (Technovit 7200, EXAKT Technologies, Inc., 
Oklahoma City, OK, USA), and polymerized. 
 Once the tissue was processed, micro-CT images of the stented arteries were acquired 
(HAWK-160XI, X-Tek Group, Inc., Santa Clara, CA, USA). Micro-CT scans were 
reconstructed (VGStudio MAX, v. 2.0, Volume Graphics, Heidelberg, Germany) for 
visualization and qualitative evaluation of stent structural integrity. Furthermore, 8-bit image 
stacks of the micro-CT scans were exported to conduct measurements on the stented arteries 
(discussed below). 
 Following micro-CT scan acquisition, histological sections were prepared and 
analyzed. Briefly, embedded specimens were cut with a diamond-coated band saw (EXAKT 
300, EXAKT Technologies Inc.), and two sections from the middle region of each stent were 
prepared and micro-ground to a thickness of approximately 10 µm (EXAKT 400, EXAKT 
Technologies Inc.). For each stented artery, one micrograph was stained with H&E to 
examine cellular type/quantity and fibrin deposition, while the other was stained with 
Verhoeff van Gieson (VVG) elastin stain for injury scoring. Morphometric analysis was 
performed to quantify the areas inside the lumen, internal elastic lamina (IEL), and external 
elastic lamina (EEL), and the neointimal thickness at each stent strut (Image-Pro® Plus, v. 
6.3, Media Cybernetics, Inc., Bethesda, MD, USA). Measurements allowed for calculation 
of intimal area (IEL area – lumen area), medial area (EEL area – IEL area), and percent 
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stenosis {[1 – (lumen area/IEL area)] x 100}. Furthermore, histologic analysis was carried 
out to quantify vessel injury [modification from [92-94]], inflammation [modification from 
[94-96]], residual erythrocyte distribution, residual erythrocyte state, presence of neovascular 
buds, fibrin deposition, and presence of multinucleated giant cells (MNGC). 
 Novel quantitative micro-CT techniques were utilized to further assess the 
pathobiologic response. These techniques allow for measurements of common 
morphological features of the stented arteries (e.g. lumen area, stented area, neointimal area) 
without the need for histological processing. As discussed above, image stacks of the micro-
CT scans were exported from the reconstruction software and subsequently imported into a 
custom automated Matlab (MathWorks, Natick, MS, USA) subroutine. Imaging processing 
techniques (e.g. thresholding, size exclusion) were applied to each micro-CT image (~1400 
per scan; resolution ~20 µm) to separate the artery lumen and stents struts. Knowing the 
resolution of the images allowed for calculation of the lumen area, while the area 
encompassed by the stent in each image was determined by fitting an ellipse (least-squares 
fit) to the outer edge of the stent struts. The areas encompassed by the stent and lumen were 
determined, with the difference between the two denoting the neointimal area. 
 Following analysis of each image, the micro-CT images corresponding to the 
prepared histology slides (stained with VVG) from the middle of the stents were visually 
determined to allow for comparison of the two techniques. Briefly, independently 
determined morphometric measurements of the lumen areas were compared and a correction 
coefficient that related the two values was calculated; note that a different correction 
coefficient was calculated for each specimen; note that a different correction coefficient was 
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calculated for each specimen, as differences in beam power and focal plane orientation 
varied amongst CT scans. To verify that the correction coefficient held true for any region of 
the stented artery, independent morphometric measurements were carried out on the H&E 
stained histology slide and corresponding micro-CT image. The calculated correction 
coefficient for a given specimen was applied to the lumen area calculated from the micro-CT 
image, and the corrected value was then compared to the lumen area measured from the 
histology slide. For all specimens measured, the average difference between the corrected 
micro-CT and histology lumen values was 0.24 mm2 (difference of 2.03%) with a difference 
never greater than 0.90 mm2 (figure on page 97). Following calculation and verification of 
the correction coefficient, analysis could be conducted on any region of the stented artery. In 
particular, quantitative micro-CT was carried out at the proximal and distal regions of the 
stented arteries. Micro-CT images approximately 4.3 mm from the stents edges were 
analyzed and neointimal areas were determined. These specific locations from the stent 
edges were chosen as they allowed for proper evaluation of these regions, while ensuring 
that there was no artifact due to tissue prolapse at the edges as a result of harvesting and 
fixing of the tissue. 
Statistical Analysis. Histomorphometric parameter values were calculated at each 
stent strut within a single micrograph, while morphometric values were determined from 
three measurements per micrograph (intimal area, medial area) or a measurement at each 
stent strut (neointimal thickness). Differences between stent groups were determined using 
the paired Student’s t-test with p < 0.05 deemed statistically significant. All results are 
reported as mean ± standard error of the mean (SEM). 
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Results 
Examination of the finite element analysis results reveals that the high-stress stent 
induces considerably larger circumferential stress values on the artery wall than the low-
stress stent at diastolic pressure. On average, tensile circumferential stress values on the 
inner surface of the artery models were approximately 20% larger in the high-stress stent 
than the low-stress stent in the stented region of the artery (Fig. 5.2). Peak stress values of 
approximately 2600 kPa (> 11x larger than the unstented vessel at diastole) were observed 
for both the high-stress and low-stress stent; however, the high-stress stent subjected the 
artery to such large stress values over relatively diffuse areas of the stented region. 
Circumferential stress values > 2350 kPa covered > 99% of the artery wall. In contrast, the 
low-stress stent only induced such high stress at focal regions of the intimal surface that 
were directly adjacent to stent struts, with stress values > 2350 kPa only covering < 2% of 
the artery wall. 
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Figure 5.2: Circumferential (hoop) Stress Fields on the Intimal Surface of the Artery Wall at 
Diastolic Pressure. The high-stress stent imposed extremely high stresses (> 2500 kPa) across 
large regions of the artery, while the low-stress stent only induced such values at focal regions. 
On average, the low-stress stent induced stress values that were 400 –500 kPa lower than the 
high-stress stent design. 
 
 
 In general, regions of high stress were also the sites of the greatest radial 
displacement in the stented region (i.e. the highest radial displacements occurred where the 
stent struts contacted the artery wall). Overall, the high-stress stent design displaced the 
artery to a more uniform radial position than the low-stress stent (Fig. 5.3). At locations 
where the high-stress stent was in contact with the artery wall, the artery was displaced 
approximately 0.73 mm in the radial direction. Note, herein, that radial displacements are in 
reference to the position of the lumen surface at diastolic pressure (i.e. a radial displacement 
of 0.00 mm indicates that there was no increase in lumen size). Furthermore, radial 
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displacement values > 0.68 mm occurred over > 98% of the inner surface of the stented 
region, with an average radial displacement of 1.50 mm. In contrast, the low-stress stent 
displaced the artery wall > 0.68 mm on only < 3% of the inner surface, with an overall 
average radial displacement value of 1.43 mm. While there are differences in radial 
displacement values between the two stent designs, the differences were minimal (average 
difference ~ 70 µm). 
 
 
Figure 5.3: Radial Displacement Distributions on the Intimal Surface of the Artery Wall at 
Diastolic Pressure. As the high-stress stent induced the highest stresses on the artery wall, it 
also displaced the artery to a greater radial position than the low-stress stent design. Note ‘0’ 
represents the inner radial position of the artery wall at diastolic pressure when no stent is 
present. 
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 All animals survived the implantation procedure. In total, 8 non-atherosclerotic pigs 
were used in this study, with 18 stents deployed (9 of each design; note that in one animal, 4 
stents were deployed, as the size and geometry of the vasculature allowed for multiple 
implantations). There were no episodes of subacute stent thrombosis, and all of the stents 
remained patent prior to euthanasia, as observed under angiography. 
Morphometric measurements showed that intimal area was significantly greater in 
the high-stress stent group (Fig. 5.4A; p = 0.00008). Intimal area values of 4.333 ± 0.303 and 
1.599 ± 0.175 mm2 were observed between the high-stress stent and low-stress stent groups, 
respectively; however, medial area was not significantly different between the groups (1.569 
± 0.162 vs. 1.349 ± 0.092 mm2, respectively). Furthermore, the percentage of stenosis was 
also significantly greater in the high-stress stent group, with values of 23.598 ± 1.697 % and 
15.643 ± 2.272 %, respectively (Fig. 5.4B; p = 0.004). In addition, examination of the 
neointimal thickness at each stent strut revealed a significantly greater thickness value for the 
struts in the high-stress stent group when compared to the low-stress stent group (Fig. 5.4C; 
p = 0.0004). The high-stress stent group had an average neointimal thickness value at each 
stent strut of 0.197 ± 0.020 mm, while the low-stress stent group had a value of 0.071 ± 
0.016 mm. Qualitative analysis of the micrographs further confirmed this observation of 
greater neointimal thickness in the high-stress stent group (Fig. 5.5). 
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Figure 5.4: Results from Morphometric Analysis. (A) Areas of intimal (IEL area - lumen 
area) and medial (EEL area – IEL area) regions. (B) Percent stenosis [1 – (lumen area/IEL 
area) x 100]. (C) Neointimal thickness at stent struts. Data are means ± SEM of 18 tissue 
samples (9 per stent group). Statistically significant differences (p < 0.01) are denoted by 
double asterisks. 
 
 
 
Figure 5.5: Representative Photomicrographs of Plastic Embedded Stented Vascular Cross 
Sections from the Same Animal Stained with Hematoxylin and Eosin (thickness ~ 10 µm). 
Significant neointimal growth is observed at the struts of the high-stress stent (A, C; 
neointimal thickness = 0.107 ± 0.006), while minimal tissue growth is observed on the low-
stress stent (B, D; neointimal thickness = 0.039 ± 0.007). Low magnification (A, B; scale bar 
= 5 mm), high magnification (C, D; scale bar = 250 µm). 
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 The micro-CT techniques provided further quantitative data of differences in the 
pathobiologic response following implantation of the two stent designs (Fig. 5.6). In 
particular, it allowed for examination of the amount of neointimal tissue present at the 
proximal and distal edges of the stents without the need for histological processing. 
Examination of the micro-CT images at these locations again revealed a significant 
difference between the stent groups in the amount of neointimal tissue present. At the 
proximal edge, the high-stress stent group had a neointimal area value of 6.545 ± 0.557 mm2, 
whereas the low-stress stent group had a value of 2.864 ± 0.254 mm2 (Fig. 5.6E; p = 0.0002). 
Furthermore, analysis of the neointimal area at the distal edges of stents showed a significant 
difference between the stent groups (p = 0.004), with values for the high-stress and low-
stress stent groups of 6.542 ± 0.578 mm2 and 3.229 ± 0.694 mm2, respectively. In addition to 
differences in the amount of neointimal tissue present between the stent groups, variations in 
the neointimal area values at various locations (proximal, middle, distal) within a given stent 
group were observed. For both stent designs, there were significant differences in the 
neointimal area when comparing the proximal and distal region values to those obtained at 
the middle regions. However, the results were not significantly different when comparing the 
amount of neointimal tissue amongst the proximal and distal regions. 
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Figure 5.6: Quantitative Micro-CT Analysis Techniques and Results. (A) Representative 
micro-CT rendering of a stented vessel with barium sulfate solution injected into the lumen. 
(B, C) Micro-CT axial slice and corresponding H&E stained micrograph from the middle 
region of the stented artery. (D) Evaluation of the quantitative micro-CT techniques to 
determine the accuracy of the morphometric data obtained from analyzing the micro-CT 
images. Note a linear regression line denoted by the equation y = x would indicate an identical 
agreement between the two techniques. (E) Neointimal area values from the proximal middle 
and distal regions of the stented arteries. Data are means ± SEM of 16 tissue samples (8 per 
stent group). Statistically significant differences (p < 0.01) between stent groups (high-stress 
vs. low-stress) are denoted by asterisks, and between locations within a stent group (proximal 
vs. middle, distal vs. middle) are denoted by hash marks. 
 
 
Histopathologic analysis revealed minimal difference in the distribution of injury 
scores between the stent groups (Table 5.1). In most cases, the stent struts were in contact, 
but not penetrating, the IEL (score equal to 1). Furthermore, inflammation, RBC distribution 
and state, neovascular bud formation, and presence of MNGC were similar between the 
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groups. It should be noted that fibrin deposition was greater in the high-stress stent group 
than in the low-stress stent group, however the difference was not statistically significant. 
 
Table 5.1: Histopathologic analysis of implanted stent designs. 
 
 
Discussion 
This investigation used both computational and direct in vivo analysis to provide 
unique information on the role of solid biomechanics in the development of restenosis. Two 
stent designs (defined as the high and low-stress stents) were implanted in porcine iliac (or 
femoral) arteries and analyzed using various integrative pathologic techniques. Furthermore, 
computational methods were utilized to analyze the biomechanical impact of these varying 
stent designs in an artery model that featured nonlinear strain-stiffening properties. Results 
indicate that the stent design that induced higher stress values on the artery wall lead to a 
more significant pathobiologic response as determined by the amount of neointimal 
hyperplasia. 
 To our knowledge, the data presented are the first to document stent-induced 
variations in the solid biomechanical environment with corresponding direct quantitative in 
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vivo evidence of neointimal tissue growth (i.e. not angiographic clinical data). Both stent 
designs were constructed of the same material, deployed under the same conditions, and 
showed no significant difference in histopathologic response (Table 5.1). Differences 
between the stents where only observed in their biomechanical environments (Fig. 5.2 and 
5.3) and associated amounts of neointimal tissue (Figs. 5.4 and 5.5). Thus, we conclude that 
the resulting pathobiologic differences are a direct result of the mechanical loads placed on 
the artery wall, confirming the hypothesis that stents that induce a non-favorable 
biomechanical environment (i.e. subject the artery to higher, non-physiologic stresses) 
provoke a more aggressive pathobiological response. 
 Computational analysis has emerged as a valuable analysis and design tool for 
evaluation of implantable medical devices. Vascular stents have garnered much interest in 
this area, as the implantation of a stent is a highly complex mechanical process and the 
biomechanical interaction of the stent and artery is, as shown, important in the long-term 
success of the therapy. However, while many studies have developed sophisticated 
numerical methods to investigate stented artery biomechanics, few studies have directly 
applied their results to experimental or clinical data. As observed in this investigation, other 
computational studies have also indicated a strong correlation between stent-induced arterial 
wall stress and clinical angiographic restenosis data. Lally et al. [45] demonstrated that the 
NIR stent design (Boston Scientific, Maple Grove, MN, USA) induced much higher stresses 
than the S7 stent design (Medtronic, Minneapolis, MN, USA) on a generalized 
atherosclerotic artery model. Such results support clinical findings, as 6 month follow-up 
data of the two designs report restenosis rates of 19.0 and 10.1%, respectively. Berry et al. 
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[37] evaluated the arterial wall mechanics and resulting short-term (7 days) pathobiologic 
response in a swine model of a prototype stent that provides a smoother transition in 
compliance at the edges of the stent [termed compliance matching stent (CMS)]. 
Comparison of the computational results between the CMS and the commercially available 
Palmaz-Schatz designs indicated that the CMS reduced the circumferential wall stresses at 
the ends of the stent. The reduction in stress values was associated with minimal 
accumulation of thrombus and inflammatory cells when comparing in vivo results for the 
CMS [37] and Palmaz-Schatz designs [97]. It is interesting to note that in our investigation 
the highest amount of neointimal tissue was present at the edges of the two stent designs 
(Fig. 5.6), which agrees with clinical findings [98]. These are the regions where the highest 
gradients in wall stress were observed (Fig. 5.2), with the largest gradient, or compliance 
mismatch, occurring in the high-stress stent. This finding provides further evidence that a 
stent design that reduces the abrupt change in wall stress could reduce the amount of 
neointimal proliferation. 
 Explanations for the reasoning behind the differences in the observed pathobiologic 
response are directed at the alterations in the highly controlled and sensitive native 
biomechanical loading environment that is disrupted following stent implantation. As 
experimental studies have indicated, the vasculature adapts to changes in blood flow, 
sustained increases in blood pressure, and altered axial extension in such as manner as to 
restore the altered mechanical state (e.g. mean wall shear stress, circumferential and axial 
wall stress) to homeostatic levels [see review by Humphrey [99]]. Thus, it is reasonable to 
expect that following stent deployment the artery will remodel in such a way (neointimal 
 103 
hyperplasia) as to attempt to return the wall stresses to values prior to the interventional 
therapy. The greater the difference between the stent-induced and homeostatic wall stresses, 
the more aggressive the biological response, and in the case of this investigation, the higher 
degree of neointimal tissue. Such a statement is supported by a theoretical model proposed 
by Rachev et al. [100] that examined the stress-induced thickening of the arterial wall at 
regions near a stent. Results indicate that local arterial thickening is a remodeling process 
that occurs due to changes in the biomechanical environment to which the artery adapts. 
Furthermore, the model predicts that arterial thickening is greatest at regions where stress 
concentrations are the highest (i.e. where stress concentrations deviate the most from the 
homeostatic value). Collectively, these data indicate that stent designs that subject the artery 
wall to lower stress values, or whose induced stress values deviate the least from 
homeostatic values, will have greater long-term success. 
 There are several limitations in this study that should be addressed. Firstly, the 
experimental results in an animal model do not fully capture the mechanisms as they occur 
in humans. As noted by Farb et al. [96], the pathobiologic response in porcine models 
closely reflects those observed in humans; however, the healing response in humans takes 
longer. Regardless, porcine models are readily utilized for evaluation of vascular stents 
because their vascular anatomy is comparable to that in human, thus allowing for the use of 
catheters and devices as employed in humans. Furthermore, porcine arteries develop an 
identical histopathologic response as humans after both balloon injury and stent placement 
[92, 101], therefore serving as a suitable restenosis models for the evaluation of stent design. 
Secondly, the stents were implanted in a non-diseased animal model. As this investigation 
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was focused on evaluating the pathobiologic response between two stent designs that impose 
strikingly different biomechanical environments, inclusion of heterogeneous atherosclerotic 
plaques may have confounded direct comparison between stent groups (i.e. plaque 
morphology and composition would not be constant from animal to animal, or even vessel to 
vessel). Moreover, the differences in the stenoses would have limited the applicability of the 
computational analysis to the in vivo results, and would have required complex “patient”-
specific computational models to be computed for each animal. Thirdly, our novel micro-CT 
techniques do not allow for quantitative evaluation of the histopathologic response 
throughout the entire stented artery. Thus, it is possible that specific pathologic findings 
might not have been accounted for in analysis. While not presented, histopathologic 
evaluation was carried out along the entire length of a stented artery specimen (i.e. 
approximately 25 histology slides) with no significant difference in the analysis parameters 
as exhibited in Table 5.1. Furthermore, in all histology slides examined (~ 325 stent struts) 
there was never a presence of large accumulations of macrophages and MNGC, eosinophils, 
and/or granulomatous tissues. Therefore, in the present study the novel micro-CT techniques 
provided a valuable and efficient analysis tool. Fourthly, as with any computational 
modeling study there are limitations in the computational techniques. Briefly, these 
limitations include characterizing the artery as a homogeneous, isotropic, hyperelastic 
material, neglecting the effects of residual strain, and not modeling the stent balloon 
expansion process. Such limitations have been discussed in detail elsewhere [36, 56]. It 
should be noted that inclusion of these features would have been extremely computationally 
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demanding and would have not likely affected the relative comparison between the two stent 
designs (high-stress stent would still impose greater stress values). 
 Designing the next generation of vascular stents will require collaborative efforts 
between clinicians, biomechanicians, cellular biologists, polymer chemists, and 
manufacturing engineers, to name a few. The work presented constitutes a major effort in 
characterizing the mechanical impact of vascular stenting and offers information on specific 
design criteria to reduce the pathobiologic response. However, there are other design criteria 
that are valuable and should be considered. Most recently, application of cytostatic 
pharmaceutical agents to stents has gained notoriety (DES). Despite their shortcomings [e.g. 
late stent thrombosis [65], lack of success in peripheral arteries [66]], the technology does 
offer promise to the interventional therapy. It is likely that the most successful stents of 
tomorrow will combine intelligent biomechanics with advancements in drug-elution. In 
addition, advancements in high-resolution imaging techniques (e.g. computed tomography, 
magnetic resonance imaging intravascular ultrasound, optical coherence tomography) will 
allow visualization and characterization of the diseased vasculature prior to intervention. 
Such information will allow for the development of patient-specific computational models 
that allow for mechanical, durability, and efficacy testing [as discussed for endovascular 
devices by Zarins and Taylor [102]], and thus ensure that the most optimal stent is implanted 
(i.e. patient-specific stenting). 
 In conclusion, this study provides valuable insight into the role that biomechanics can 
play in the failure of vascular stents. The results not only provide information that is directly 
applicable to commercially available designs, but also yield information about specific 
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design criteria and considerations that should be made when designing the next iteration of 
stents. In addition, the novel integrative pathology techniques presented (e.g. quantitative 
micro-CT) provide a means of extracting high-detailed quantitative data from the 
pathobiologic response of vascular stents, and such methods are applicable to examine other 
implantable medical devices. 
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CHAPTER VI 
STRUCTURAL INHOMOGENEITY AND FIBER AND CELLULAR 
ORIENTATION IN THE INNER ARTERIAL MEDIA 
 
Overview 
The microstructural orientation of vascular wall constituents is of interest to scientists 
and clinicians, as alterations in their native states are associated with various cardiovascular 
diseases. In the arterial media, the orientation of these constituents is often described as 
circumferential. However it has been noted that, just below the endothelial surface, the 
vascular wall constituents are oriented axially. To further study this reported change in 
orientation, and resolve previous observations (which were made under conditions of no 
load), we used nonlinear optical microscopy to examine the orientation of collagen and 
elastin fibers in the inner medial region of bovine common carotid arteries. Images were 
obtained from this part of the arterial wall under varying degrees of mechanical strain: 0%, 
10% axial, 10% circumferential and 10% biaxial. We observed that close to the endothelium 
these components are aligned in the axial direction, but abruptly change to a circumferential 
alignment at depth of approximately 20 µm from the endothelial surface. Application of 
mechanical loads resulted in a significantly greater degree of fiber alignment in the loading 
direction, regardless of their initial unloaded orientation. Furthermore, variations in loading 
conditions resulted in an increase or decrease in the overall degree of fiber alignment in the 
sub-endothelial layer depending on the direction of the applied strain. This high resolution 
investigation provides a more detailed description of the complex structure-function 
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relationships in vascular tissue, which is essential for a better understanding of the patho-
physiologic processes resulting from injury, disease progression, and interventional 
therapies. 
 
Introduction 
The microstructure of the normal arterial wall, while varying with species, location, 
age, and disease, is comprised of three layers: the tunica intima, tunica media, and tunica 
adventitia. In particular, the medial layer of conduit arteries consists of alternating layers of 
vascular smooth muscle cells (VSMC) and elastic lamina (termed the musculo-elastic 
fascicle), with collagen fibers interlaced between the elastic lamina (refer to figure 11.A in 
[103]). Numerous studies have examined the orientation of fibers and VSMC within medial 
tissue of conduit arteries, yet there has been no conclusive agreement on their preferred 
orientation. VSMC orientation has been expressed as circumferential [104-107], oblique 
[107, 108], and helical [107, 109], with similar findings described for collagen and elastin 
fibers. However, we note that all observations were made on relaxed vascular tissue. 
Regardless of such wide variation in findings, notable, yet often overlooked studies 
have acknowledged a distinct radial variation in fiber and cellular orientation within the 
medial layer. As first described by Wolkoff [110], the internal elastic lamina (IEL) of human 
coronary arteries appears to be split into two distinct laminae during growth and 
development. This process starts in utero by bending and fraying of the IEL, continuing 
through puberty and into old age. Gross et al. [106] reported similar findings in human 
coronary arteries in relation to aging. In particular, it was noted that as early as the third 
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month post-partum, a splitting in the IEL occurs leading to the formation of the “musculo-
elastic layer”. During the break in continuity of the IEL, VSMC migrate into the newly 
formed layer and orient themselves axially, while those in the medial layer are still aligned 
circumferentially. It should be noted that during this process multiple elastin layers are 
formed, however, as noted by Gross et al., the outermost elastin layer still represents the 
border between the intimal and medial layers, and thus is still referred to as the IEL; herein, 
the term sub-endothelial refers to the region just below the endothelial surface but on the 
adluminal side of the IEL. IEL splitting and axially aligned fibrils has also been noted in 
pathological states, such as the formation of intimal pads or cushions and hypertension [111, 
112]. An axial orientation of inner medial fibers and VSMCs in the porcine aorta has been 
described by Clark and Glagov [103], who suggested that it is associated with shear stress 
from the flowing blood transmitted into the inner layers of the media. A similar arrangement 
has been seen in human cerebral arteries [113]. Smith [114] described a variation in fiber 
orientation throughout the media of the rabbit pulmonary trunk, however he noted that this 
variation was not seen in the aorta. Again, however, all observations were made under 
conditions of no mechanical load. 
Blood vessels contain highly extensible, isotropic elastin fibers and strain-stiffening, 
anisotropic collagen bundles and have mechanical properties that are strongly dependent on 
the alignment of the embedded fibrous constituents. Recently, constitutive formulations, 
which relate the applied stresses/forces to the resulting strains/deformations of biological 
tissues, have shifted from purely phenomenological descriptions to those that are structurally 
based. These constitutive relations incorporate fiber alignment into their formulations to 
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offer a better description of arterial mechanical properties [115, 116]. Therefore 
microstructural information, such as the density, interaction, and orientation of these 
vascular wall constituents, is essential if one wishes to accurately capture and model the 
material response of vascular tissue, both normal and diseased. 
Various optical techniques have been utilized to examine fiber orientation [e.g. 
histological polarized light microscopy [117]; scanning electron microscopy [118-120]]. 
However, such methods are destructive to the tissue and not suitable for examination of a 
single tissue sample under multiple experimental conditions. To overcome this limitation, 
non-destructive methods for analyzing fibrous structures have been developed [e.g. small 
angle light scattering [121-123]; small angle x-ray scattering [121, 124]]. Nonlinear optical 
microscopy (NLOM) provides an excellent means of examining the orientation and 
distribution of constituents within biological tissues. For instance, second harmonic 
generation [SHG; [125]] and two-photon excited fluorescence [TPF; [126]], both of which 
are confocal techniques, provide a means of collecting thin optical sections (i.e. images) 
from within thick specimens. Such attributes are ideal for a quantitative examination of fiber 
orientation under various experimental conditions, and have been utilized in previous 
investigations [127, 128]. 
As a means of further investigating the fiber alignment in the arterial wall, as well as 
examining of the structure-function relationship in vascular tissue, we have employed 
NLOM techniques to characterize quantitatively this previously reported sub-endothelial 
axially aligned fiber region under varying physiologic loading conditions. Our objective in 
this study was to quantify collagen and elastin fiber orientation in the inner part of the bovine 
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common carotid artery. In addition, analysis of the fiber alignment in this sub-endothelial 
layer under loading was performed, as a means of resolving previous observations that were 
carried out under no loading conditions. The results from this investigation will provide 
further data on the relationship and interactions between arterial tissue components and thus 
lead to a better understanding of the structure-function relationship of vascular tissue in 
general. 
 
Methods 
Following the several reports of axially aligned fibers and cells on the abluminal side 
of the endothelial surface, we used NLOM methods to investigate this sub-endothelial region 
of the arterial medial layer. Optical sections were acquired radially outward from the 
endothelial surface with a custom designed NLOM system. The orientations of extracellular 
matrix fibers were analyzed by application of a subroutine based on a fast Fourier transform 
(FFT) algorithm and then quantified by a polar coordinate analysis of the filtered power 
spectrum of each image. The NLOM results were qualitatively verified by comparing them 
to light microscopic images of histologically stained sections. 
Tissue Preparation and Biaxial Testing. Bovine common carotid arteries were 
collected from a local abattoir and transferred to the laboratory in phosphate buffered saline 
(18°C). Following removal of loosely adherent perivascular tissue, a ~ 2 cm long segment 
was removed, opened circumferentially with an axial cut, and attached to a modified version 
of a biaxial mechanical testing device previously described [127]. The remainder of the 
artery was set aside for histological evaluation. Briefly, the testing device consisted of four 
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polycarbonate clamps sliding on stainless steel rods. The clamps and rods were arranged in 
pairs, and the pairs were oriented at right angles to each other. By moving either or both 
clamp pairs, independent movement in the x- and y- directions was possible. A square 
section was cut from the artery for testing, and each edge was attached to a clamp by four 
equidistant, non-continuous loops of 2-0 silk suture. The device chamber was then filled 
with phosphate buffered saline (25°C) to completely submerge the tissue prior to imaging on 
the NLOM system (Fig. 6.1). Note that specimens were positioned such that the intimal 
surface was nearest the microscope objective (i.e. the first image acquired was of the 
endothelial surface). Specimen unloaded dimensions (0% strain state) were determined by 
stretching the tissue sample until it was flat and free of wrinkles. Measurements of the 
distances between the clamps in each pair were recorded and noted as the unloaded 
dimensions. Subsequent strain states (10% axial, 10% circumferential, and 10% biaxial) 
were achieved by sliding the stainless steel arms, thus moving the clamps to measured 
locations and fixing their positions with set screws. Each pair of arms was moved a similar 
amount ensuring that the center of the specimen did not move appreciably as it was 
stretched. All strain measurements were made with vernier calipers to the nearest 100 µm. 
The testing device, with specimen intact, was then returned to the microscope stage and 
images were acquired at the central location of the tissue specimen, judged by eye. 
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Figure 6.1: Biaxial Mechanical Testing Device on Microscope Stage. Photograph of a 
specimen (bovine common carotid artery) attached to the four stretching arms within the 
testing device on the microscope stage. NLOM images were acquired from the central region 
of the specimen. The intimal side of the specimen was nearest to the microscope objective (i.e. 
intimal side imaged first). 
 
 
Nonlinear Optical Microscopy. Our custom built NLOM system has been described 
in detail previously [127, 129]. Sub-10-fs pulses from a Kerr-lens mode-locked Ti:Al2O3 
oscillator (Femtosource; Femtolasers, Cambridge, MA) pumped by a frequency-doubled 
Nd:YVO4 solid-state laser (Verdi; Coherent, Santa Clara, CA) were coupled into the 
epifluorescence port of an upright microscope (Axioskop2 MAT; Carl Zeiss, Thornwood, 
NY) via dual-axis galvanometer driven mirrors (Cambridge Technology, Lexington, MA) 
mounted on an elevated breadboard. The entire NLOM system was atop a vibration-isolated 
optical table. The laser beam was directed to the microscope focusing objective (40X 
Achroplan, N.A. = 0.8, water immersion; Carl Zeiss) by a short-pass dichroic mirror 
(635dcspxruv3p; Chroma, Rockingham, VT). Nonlinear optical signals were directed by the 
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objective through one of two accessory ports on the binocular head, to a custom-built dual 
channel detector that houses two dichroic mirrors and bandpass filters (Chroma), focusing 
lenses (31 2321; Linos Photonics, Milford, MA), and a pair of photon-counting 
photomultipliers tubes (R7400P; Hamamatsu, Bridgewater, NJ). SHG and TPF signals were 
collected by appropriate long-pass dichroic mirrors (430dcxru, 505dcxru, respectively; 
Chroma), and band-pass filters (HQ405/40, HQ480/40, respectively; Chroma). 
Photomultiplier tubes were connected to a preamplifier/discriminator (F-100T; Advanced 
Research Instruments, Golden, CO) that thresholds signal current and converts it to 
transistor-transistor logic (TTL) pulses for photon counting. Due to the marked differences 
in spectral characteristics generated by the collagen and other fluorescent tissue components 
(e.g. elastin), the SHG and TPF signal components were imaged and segmented 
simultaneously. The result was that SHG and TPF NLOM images (optical sections) of 
fibrillar collagen type I and elastin in the media, respectively, were acquired in the central 
region of the specimen. Optical signal to noise ratio was improved by capturing four images 
at a rate of 0.5 Hz per image and averaging them. Successive averaged images were obtained 
starting from the intimal surface and moving medially in 0.5 µm steps 200 µm deep into the 
tissue. They were saved as raw 16-bit data files. Throughout the set of experiments described 
herein, less than 40 mW of laser power was incident on the scanning mirrors, thus 
minimizing thermal effects. 
Histology. Standard histological techniques were used to process the arterial 
segments. Briefly, specimens were fixed in formal saline for 24 hrs, embedded in paraffin 
wax, and transverse and longitudinal sections were cut at 3 µm. Sections were then mounted 
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on electrostatically charged slides to enhance adhesion of the tissue to the glass (Superfrost 
Plus, VWR, UK), dried, and stained either with Ehrlich’s hematoxylin [130], an adaptation 
of Miller’s elastin stain [131], or picrosirius red [132] for visualization and examination of 
cell nuclei, elastin, and collagen, respectively. 
Image Processing, Analysis, and Evaluation. Prior to image acquisition the focal 
plane was set just above the surface of the specimen (~5 µm). This setting ensured a clear 
signal from the luminal surface of the intima as the image plane was moved deeper into the 
arterial wall (i.e. outward in the radial direction). Following image stack acquisition (SHG 
and TPF), a Matlab (MathWorks, Natick, Massachusetts) subroutine was developed to 
determine the location of the intimal surface. Briefly, the average intensity value was 
determined for each SHG1 image in the stack, and the image with the maximum average 
pixel intensity was determined. The innermost image (i.e. closest to the endothelial surface) 
in the stack that had a mean intensity value approximately 30% of the maximum average 
pixel intensity was defined as the location of the intimal surface, and data analysis of both 
SHG and TPF images were carried out from that point. Sensitivity analysis indicated that 
mean intensity values of approximately 20% and 40% of the maximum average pixel 
intensity resulted in a 3.5 and 2.5 µm shift, respectively, in the location of the image within 
the specimen thickness. Compared to the differences in cross-over region location (< 1 µm), 
this was deemed an acceptable justification of the choice of 30% intensity as the inner wall 
threshold. 
                                                
1 Average pixel intensity and maximum average pixel intensity were also determined for the TPF images in 
each image stack; however, the differences between the SHG and TPF maximum average pixel intensity 
locations were small (2.5 ± 1.0 µm) with no noticeable trend. Thus, only the SHG images were used to 
determine the location of the intimal surface. 
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Following the location of the intima, images (400 per image stack, maximum depth 
in the media 200 µm) were analyzed in a modified version of a previously described Matlab 
(MathWorks) subroutine to analyze collagen and elastin fiber orientation [127]. Raw image 
data files were padded with redundant data to enhance frequency resolution. Padding was 
achieved by reflecting (mirroring) the original image at 0°, 90°, 180°, and 270° (Fig. 6.2B) 
and applying a Gaussian decay (SD = 0.25) to the reflected images, such that the pixels 
bordering the original image had a < 0.04% reduction in the original pixel intensity and those 
at the edges were reduced to zero (i.e. pixel value of 0; black). The padding increased the 
size of the image from 237x256 to 512x512 pixels. Note that due to acceleration of the 
horizontal scanning mirror during the start of each scan line, the first 19 columns of pixels 
were removed. To reduce edge effects, a two-dimensional Hann window function was 
applied, followed by transformation of the image to the frequency domain (i.e. power 
spectrum) using a two-dimensional FFT [Fig. 6.2C; [119]]. High and low-pass Butterworth 
filters (sixth-order) were applied, removing frequencies greater than 60 Hz and less than 6 
Hz. These cut-off frequencies were chosen by examination of the resulting inverse FFT 
images following filtering. Evaluation of the angular distribution of fibers was done by polar 
coordinate analysis of the filtered power spectrum image as described by Nishimura et al. 
[133]. Briefly, the relative intensity (RT) for angles between Θ ± 2° was calculated by 
€ 
RT(Θ) = g(r,θ
θ ≥(Θ−2)
θ <(Θ+2)
∑ ) g(r,θ
θ ≥0
θ <180
∑ ), 
where 
€ 
g(r,θ)  is the pixel intensity value at the polar coordinate in the filtered power 
spectrum image. An interval of 4° was selected as it allowed for adequate separation 
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between fiber orientations, while not confounding results with too many data points. From 
this calculation, the predominant fiber angle (PFA) for each image was determined, as well 
as the alignment index (AI) as defined by Ng. et al. [Fig. 6.2D; [134]]. Briefly, AI quantifies 
the fraction of fibers that are aligned within ±20° of the PFA, normalized to the fraction of a 
random distribution of oriented fibers (= 40°/180°); the higher the AI, the higher the 
percentage of fibers aligned near the PFA (values range from 1.0 to 4.55). Note, herein, the 
image (and corresponding radial position) with the lowest AI for an image stack is referred 
to as the “cross-over region”. PFA and AI values were then plotted against tissue depth to 
determine changes in fiber orientation as a function of radial position in the vessel media. 
For illustrative purposes, Matlab (MathWorks) and Adobe Photoshop (Adobe Systems Inc., 
San Jose, CA) were used for post-processing [conversion of files from data (.dat) to tagged 
image file format (.tiff), auto-contrast, pseudo-color] of the NLOM images. 
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Figure 6.2: Algorithm to Calculate Fiber Angle from NLOM Images. The original NLOM 
optical section (A) is padded and a windowing function is applied (B). A two-dimensional 
FFT is then performed to obtain the power spectrum (C), which allows for the generation of 
the frequency histogram (D) to determine predominant fiber angle (PFA) and calculate 
alignment index (AI). This algorithm is applied to all images within the optical stacks. 
 
 
Statistical Analysis. Mean PFAs and AIs were calculated for each specimen (n = 4) 
under four mechanical loading conditions. Differences between the orientation parameters 
under each mechanical loading condition were determined using the paired Student’s t-test, 
with p < 0.05 deemed significant. All results are reported as mean ± standard error of the 
mean (SEM). 
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Results 
Examination of the NLOM images in the central region of unloaded bovine carotid 
artery specimens reveals a sudden change in fiber orientation just below the endothelial 
surface. Both collagen (SHG signal) and elastin (TPF signal) fibers shift from a 
predominantly axial orientation (90°) to largely circumferential (0°) orientation (Fig. 6.3). 
Examination of the PFA values for all loading conditions reveals a sharp change in collagen 
fiber angle2, from an axial orientation just below the endothelial surface, to a circumferential 
orientation deeper in the medial layer. Furthermore, this shift in fiber angle may be seen by 
eye in the NLOM image. It is observed that in the optical sections 5 µm inward from the 
cross-over region (i.e. 5 µm towards the intimal surface), the fibers are aligned 
predominantly in the axial direction (vertical), whereas the optical section 5 µm outward 
from the cross-over region (i.e. 5 µm towards the adventitial surface) reveal fibers aligned 
predominantly in the circumferential direction (horizontal). Calculations of the collagen fiber 
orientation in the optical sections 5 µm inward from the cross-over region give PFA values 
of 83 ± 4.4° (mean ± SEM), 86 ± 2.3°, 77 ± 7.8°, and 85 ± 2.5° for the 0%, 10% axial, 10% 
circumferential, and 10% biaxial loading conditions, respectively (Fig. 6.4, Table 6.1). PFAs 
in the region 5 µm outward from the cross-over region significantly differed (p < 0.01), with 
values of 7.0 ± 3.8°, 10 ± 2.8°, 8.0 ± 3.8°, and 4.0 ± 2.0° for the four loading conditions, 
respectively. A similar trend was observed when examining the elastin fiber orientation, as 
PFA values of 82 ± 4.3°, 87 ± 1.9°, 75 ± 9.6°, and 80 ± 6.2° were calculated for the optical 
                                                
2 Results from SHG (collagen fibers) and TPF (elastin fibers) data were not significantly different, and thus for 
brevity, only the SHG data are presented in the figures on pages 120, 124, and 126. 
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sections section 5 µm inward for the four loading conditions, respectively, and optical 
sections 5 µm outward had statistically significant changes (p < 0.01) in PFAs of 8.0 ± 2.0°, 
13 ± 4.7°, 3.0 ± 1.0°, and 6.0 ± 1.6° for the four strain states, respectively (Fig. 6.4, Table 
6.1). It should be noted that the radial positions of the cross-over regions differed in the SHG 
and TPF optical sections of each specimen, however the differences were small (5.8 ± 1.5 
µm), with no noticeable pattern in the four specimens studied. 
 
 
Figure 6.3: Nonlinear Optical Microscopy Images Under Various Strain Conditions. 
Combined SHG (collagen; green) and TPF (elastin; red) images within a representative 
arterial specimen from the cross-over region, and ±5 µm from that position, at each of the four 
strain conditions. (Note: orange/yellow color shows regions giving rise to SHG and TPF 
signals.) The radial positions of the cross over images are shown by the open circles on the 
alignment index plots (lower right hand panel); and the solid circles correspond to the 
positions ±5 µm from the cross over location. It is observed that fibers -5 µm inward from the 
cross-over region (i.e. towards endothelial surface) are aligned predominantly in the axial 
direction (vertical, 90°), whereas fibers +5 µm outward from the cross-over region (i.e. 
towards adventitia) are oriented circumferentially (horizontal, 0°). Such an observation is 
further supported by evaluation of predominant fiber angle (PFA) as a function of radial 
position (upper right hand panel). Scale bar represents 50 µm. 
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Figure 6.4: Predominant Fiber Angle Near Cross-over Region. The predominant fiber angles 
were determined ±5 µm from the cross-over region for each optical section (SHG and TPF) at 
each strain condition. Abrupt changes in fiber angle are observed for all mechanical 
conditions, with fibers shifting from a predominant axial orientation (90°) to a largely 
circumferential orientation (0°). Data are means ± SEM of 4 tissue samples. Significant 
differences (p < 0.01) are denoted by double asterisks. 
 
 
Table 6.1: Collagen and elastin fiber orientations near cross-over region. Data are means ± SEM of 4 
tissue samples. SHG: second harmonic generation, TPF: two-photon excited fluorescence, PFA: 
predominant fiber angle, AI: alignment index. 
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Histological evaluation provided a larger field of view of the arterial specimens and 
further qualitative evidence that confirms the observations determined from the NLOM 
images. Transverse and longitudinal sections reveal a region just below the endothelial 
surface where there is a sharp change in VSMC nuclei orientation that coincides with a 
change in fiber (collagen and elastin) structural organization in the artery wall (Fig. 6.5). 
Examination of the micrographs stained with Ehrlich’s hematoxylin reveals VSMC nuclei3 
aligned predominantly axially in the sub-endothelial region, followed by an abrupt shift, as 
the VSMC assume a circumferential orientation deeper in the arterial medial layer (Fig. 6.5; 
A, D). Note that in transverse histological sections, cell nuclei and fibers appear nearly 
circular if aligned axially, whereas they are elliptical and elongated if aligned in the 
circumferential direction. Conversely, in longitudinal sections they are elliptical and 
elongated if oriented axially and circular if aligned circumferentially. A similar arterial 
inhomogeneity is observed when examining the elastin fibers (Fig. 6.5; B, E), however, 
rather than a distinct change in orientation, a change in the structural composition is 
observed. This is most evident in the longitudinal section (Fig. 5E), as moving outward 
radially reveals a sudden change in the elastin structure just below the endothelial surface. A 
similar finding is observed when examining the collagen fibers in the sections stained with 
picrosirus red (Fig. 6.5; C, F). 
 
                                                
3 Immunohistochemical staining showed that the cells in the sub-endothelial surface expressed markers for 
smooth muscle actin and desmin, thus confirming that these are VSMC. 
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Figure 6.5: Histological Sections of Bovine Common Carotid Artery. Representative 
micrographs (A – C: transverse; D – E: longitudinal) from a test specimen that were stained 
with either Ehrlich’s hematoxylin [A, D; [130]], an adaptation of Miller’s elastin stain [B, E; 
[131]], or picrosirius red [C, F; [132]], to visualize cell nuclei, elastin, or collagen orientation, 
respectively. Axially oriented VSMC6.3 and extracellular matrix fibers are clearly observed 
just below the intimal surface, with an abrupt shift to a circumferential orientation deeper in 
the arterial wall. Note that the specimens were fixed in the unloaded condition (0 mmHg). 
Scale bar denotes 100 µm; L: lumen. 
 
 
The radial position of the abrupt change in fiber orientation depends strongly on the 
direction of the applied strain when comparing the four mechanical states (0%, 10% axial, 
10% circumferential, 10% biaxial). Applying a 10% axial strain leads to a significant inward 
shift (i.e. movement closer to the endothelial surface) in the location of the cross-over region 
when compared to the unloaded case (Fig. 6.3; p < 0.05). The fractional change in the 
distance from the intima to the cross-over region was 0.62 ± 0.13 for collagen (SHG 
images), and 0.60 ± 0.10 for elastin (TPF images), when normalized to the distance to the 
cross-over region in the 0% strain state (Fig. 6.6). A 10% biaxial strain also results in a 
significant inward shift in the radial location of the cross-over region when normalized 
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against the 0% case (collagen: 0.50 ± 0.08, elastin: 0.57 ± 0.08; p < 0.01). In contrast, 
application of a 10% strain in the circumferential direction revealed a tendency toward an 
outward shift in the radial location of the cross-over region, however this was not 
statistically significant (collagen: 1.12 ± 0.26, elastin: 1.54 ± 0.34). 
 
 
Figure 6.6: Thickness of Axially Oriented Sub-endothelial Region Normalized to Unloaded 
State. The distance from the intima to the cross-over region was determined for each optical 
section (SHG and TPF) at each loading condition. Straining the specimens 10% axially or 
biaxially resulted in a reduction of the thickness of the sub-endothelial region, relative to the 
unloaded condition. However, applying a 10% circumferential stretch to the specimens 
resulted in a slight, although not significant, thickening of the region. Data are means ± SEM 
of 4 tissue samples. Significant differences (p < 0.05, p < 0.01) are denoted by single and 
double asterisks, respectively. 
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Application of the various strain states also leads to substantial changes in the AI for 
both the axial and circumferentially aligned fiber regions. A general trend of higher 
alignment in the direction of the load is observed when examining the fiber angle frequency 
histograms from the SHG optical sections ±5 µm from the cross-over region (Fig. 6.7, Table 
6.1). For example, application of a 10% axial strain results in an increase in the AI in the 
axially aligned region (-5 µm) in comparison to the unloaded state, 2.03 ± 0.23 versus 1.66 ± 
0.03, respectively, and an increase in the AI in the region where the fibers are aligned 
circumferentially (+5 µm), with values of 1.91 ± 0.12 and 1.70 ± 0.06, respectively. 
Application of a 10% biaxial strain also results in an increase in the AI for the axially 
aligned region (AI = 1.90 ± 0.25), and furthermore, an increase in the AI for the 
circumferentially aligned region (AI = 2.00 ± 0.09). However, decreases in the AIs for both 
the axially and circumferentially aligned regions are observed when a 10% strain in the 
circumferential direction is applied, with values of 1.44 ± 0.02 and 1.48 ± 0.03, respectively. 
Similar trends are seen when examining the AI values from the TPF data (Table 6.1).  
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Figure 6.7: Collagen Fiber Alignment Under Various Mechanical Loading Conditions. 
Analysis of the collagen fiber distribution and alignment indices (AI) from the optical sections 
-5 µm (black) and +5 µm (white) from the cross-over region reveals the effects of applying 
varying degrees of strain along orthogonal axes. Applying a 10% axial or biaxial strain 
resulted in higher AIs for the axially aligned sub-endothelial region (-5 µm) when compared to 
the 0% strain state (white bars in the two right hand panels). However a 10% strain in the 
circumferential direction decreased the AI value in that region. The AI values for the 
circumferentially oriented regions (+5 µm) decreased when a 10% strain was applied in the 
axial or circumferential direction, yet the value increased when a 10% biaxial strain was 
applied. Note analysis of the TPF (elastin) images (not shown) shows similar findings; 90° = 
axial direction and 0°, 180° = circumferential direction. Data are means ± SEM of 4 tissue 
samples. 
 
 
Discussion 
The purpose of this investigation was to quantify the effects of physiologic loading 
conditions on fiber alignment in the sub-endothelial axially aligned region. High resolution 
images were acquired using a custom built NLOM system allowing for analysis of 
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extracellular matrix fiber orientations in bovine common carotid arteries, under varying 
levels of strain for, we believe, the first time. The results indicate that the fiber orientation 
and alignment are highly dependent on the direction of the applied load, and the direction in 
which the fibers are initially oriented. 
Applying mechanical loads to vascular tissue leads to the reorganization of collagen 
and elastin fibers within the vascular wall, as the constituents bear the applied loads. Our 
results indicate that higher axial fiber alignment (increased AI values; Fig. 6.7, Table 6.1) is 
a result of straining the tissue, however only if the load is applied in the axial direction. In 
contrast, if the load is applied in the circumferential direction, the fibers become less aligned 
(decreased AI values), an indication that the fibers may be realigning in the direction of the 
applied load. These results are consistent with previous findings in other soft biological 
tissue [135, 136]. For example, Lake et al. demonstrated that uniaxial loading of 
supraspinatus tendon led to significant collagen realignment in the direction of the load, 
throughout various regions of the tissue [137]. Furthermore, the mechanical response of the 
tissue was highly dependent on both the unloaded and loaded fiber configurations (e.g. 
higher initial alignment corresponds to stiffer mechanical response). While mechanical data 
(stress-strain relationships) were not collected in this investigation, our data suggest that the 
non-linear, anisotropic mechanical response for vascular tissue is a direct result of fiber 
orientation [116, 138]. This strongly supports the suggestion of Clark and Glagov [103], that 
the relatively thin sub-endothelial layer is arranged so as to support loads that are in the axial 
direction (e.g. axial shear stress from blood flow), while the thicker, predominantly 
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circumferentially aligned fibers deeper in the vascular wall bear the load of the pulse 
pressure waves during the cardiac cycle. 
There is a strong correlation between the underlying microstructure of a biological 
tissue and its mechanical properties. For example, it has been shown that tissues are stiffer in 
the direction that the embedded matrix fibers are aligned [e.g. arteries [116, 138], tendons 
[137]]. Applied loads lead to local deformations in the microstructure resulting in 
macroscopic changes (thickening or thinning) of the tissue. For the axial and biaxial strain 
states, a thinning of the sub-endothelial axial aligned fiber layer was observed, however, a 
trend towards thickening was noted when a circumferential strain was applied (Fig. 6.6). 
Such an observation would indicate a negative Poisson’s ratio or auxetic behavior, which 
although not generally accepted for vascular tissue, has been reported [139]. More 
importantly rather, this result further emphasizes the complex effects of fibers on the 
mechanical properties of biological tissues. When fibers are oriented in the direction of the 
applied load, they bear more of the load or are more stressed, resulting in a thinning of the 
material. However, if the material is multi-layered with fibers not oriented in the direction of 
the loading, as investigated in this study, then such fibers will bear a minimal proportion of 
the applied load. Therefore, the stress in this layer(s) is substantially smaller and does not 
result in a thinning of the layer. 
The results further confirm the presence of a sub-endothelial layer of extracellular 
matrix fibers and VSMC that are aligned longitudinally in vascular tissue. While we have 
examined only bovine carotid artery, we have seen structural inhomogeneity in the conduit 
arteries of other species such as the pig [140]. Explanations for the presence of this layer 
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have been directed toward the complex, in vivo mechanical environment that is imposed on 
the vasculature. It has been suggested that endothelial cells (EC) on the intimal surface 
transmit the forces associated with the axial blood flow into the inner medial region [103]. 
As the axial shear stress in the artery wall decays rapidly with radial position, only a small 
region of the media is subjected to this component of stress, while the remainder of the 
media is under circumferential stress due to the cyclic loading of pressure, and resulting 
circumferential alignment. In human common carotid arteries, typical values of flow-induced 
axial wall shear stress and pressure-induced circumferential wall stress are approximately 0.7 
Pa and 75 kPa, respectively, at systole [141, 142]. Thus, when examining the applied 
physiologic loads the minimal thickness of the sub-endothelial region in comparison to the 
thicker circumferentially aligned region of the media is understandable. Furthermore, it 
might be expected that if the blood flow rate is increased while holding the vessel caliber 
constant (i.e. increased mean shear stress), then the resulting shear forces would be 
transmitted more deeply into the medial layer, resulting in a thicker sub-endothelial axially 
aligned region. Measurements in situations in which mean shear stress is raised, such as 
downstream from a stenosis or arteriovenous shunt would provide a test for this prediction. 
If shear stress is indeed the principle reason for the axial alignment in the 
components of the inner media, the question arises: why is the transition at its outer edge so 
abrupt? If it is assumed that the axial tension due to shear stress falls gradually with 
increasing depth into the media then a similar gradual change in orientation might be 
expected. On the other hand if a threshold level of stress is necessary to provoke a change in 
orientation, this could give rise to the sudden change observed. We note that a radial gradient 
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of circumferential stress may also be present in the inner media despite the existence of 
residual stresses [which also vary across the arterial wall; [143]]. A definitive test of these 
speculations would require measurements and or modeling of the balance between pressure 
induced circumferential stress and flow induced shear stress (both applied and residual) but 
could provide valuable insight into the mechanisms of mechanotransduction in EC and 
VSMC both under normal and pathologic conditions. 
As the NLOM techniques allowed for simultaneous, independent examination of 
collagen and elastin fibers, the relationship between these two matrix proteins within the 
arterial wall could be further investigated. As there was no statistical difference between 
collagen and elastin fiber orientation data for all strain states, our results support the notion 
of the interrelated architecture between these two extracellular matrix proteins, as has been 
described in the main body of the medial layer [103, 144]. 
We note a number of potential limitations to the study. Firstly, while NLOM 
provides an excellent means for examining the microstructure of biological tissues, the sub-
micron resolution of this technique results in image areas that are quite small (~0.02 mm2). 
Thus, it is likely that local heterogeneities within the tissue sample would not be detected. 
While not presented, analysis of optical sections at various locations on the tissue specimens 
revealed no significant changes in the depths of the cross-over region, or the PFA, and AI 
values. Secondly, some variability amongst specimens from different animals was also 
observed. However, as the error bars in Figure 6.4 (for instance) show, these were acceptably 
small. Thirdly, it was assumed that images were acquired at the exact middle of the specimen 
following its removal from the microscope stage and subsequent replacement when changing 
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the strain state. However, as discussed above, the small variation of the measured orientation 
variables within each specimen ensured that any small deviation from this middle position 
did not confound the results. Fourthly, in any optical study that analyzes structural 
orientation, polarization of the incident light may bias the results. In this case, a comparison 
of values between a tissue sample mounted in the device chamber and orientated normally 
on the microscope stage and one where the chamber was rotated 90°, both at the same strain 
state, was performed. Analysis of these results showed no statistical difference in any of the 
measured variables. 
In conclusion, this study provides further insight into structure-function relationships 
within vascular tissue. The results not only reveal the native fiber and cellular organization, 
but also their reorganization and realignment under mechanical loading. The methods 
presented could assist in bridging the gap between the micro- and macro-scales, allowing for 
a more informed incorporation of microscopic structural information into material models of 
biological tissues, as described by Sacks [145]. The data presented here may also be of use to 
enhance the design of tissue-engineered cellular scaffolds for vascular grafts that directly 
mimic native vessel architecture. 
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CHAPTER VII 
SUMMARY, RECOMMENDATIONS, AND FUTURE DIRECTIONS 
 
The treatment of atherosclerosis has come a long way since Dotter and Grüntzig’s 
seminal works. Technological developments have made considerable advances in treating 
atherosclerosis; however, it still remains one of the leading, if not the leading cause of death 
in the United States. Thus, improvements upon current treatments can have a considerable 
impact on the medical community. The data presented in Chapters II – V present unique 
information on the role of solid biomechanics in the failure of stents due to restenosis. The 
findings strongly suggest that the development of neointimal tissue, which can lead to the 
failure of these devices, is at least partially a result of the high stresses imposed on the artery 
wall. Alterations in the geometrical design of stents could increase the long-term patency of 
these implantable medical devices, as this leads to large variations in the biomechanical 
environment in healthy, tapered, and diseased arteries. 
In addition, the results touch on various aspects of this interventional technique (e.g. 
lesion-specific stenting, patient-specific stenting) that are thought to be the next step for 
endovascular therapies as a whole. As discussed, the results presented are applicable to the 
both commercially available stent designs and any future design iterations. In particular, as 
restenosis usually occurs within 6 months following bare metal stent implantation [29], there 
is no obvious reason for a permanent prosthesis. Thus, the use of biodegradable materials in 
manufacturing vascular stents has gained much attention. An effective biodegradable stent 
would serve to provide enough radial support to restore blood flow to distal tissues, but as 
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time progresses, it would gradually transfer the load back to the healing artery. 
Biodegradable materials also serve as excellent reservoirs for the storage of pharmaceutical 
agents that are currently employed in modern drug-eluting stents. However, prior to their 
acceptance as a standard treatment option, rigorous computational modeling and 
experimental testing must be systematically developed and employed to ensure that they can 
provide enough radial support during cyclic loading, degrade at a controllable and 
predictable manner to ensure structural integrity, and elute embedded drugs in a controllable 
and biologically relevant manner. Such comprehensive analysis would then be followed by 
animal studies (similar to those discussed in Chapter V) to confirm the developed modeling 
techniques, examine the histopathobiological response (e.g. possible hypersensitivity issues), 
and, most importantly, their efficacy and safety. 
As the characterization of biological tissues is transitioning from purely 
phenomenological findings to a more structural based analysis, it is imperative to develop 
proper experimental set-ups to fully capture the tissue microstructure during mechanical 
loading. The use of nonlinear optical microscopy (NLOM) methods is ideal for such 
analysis, as it does not require fixation or the application of clearing agents or exogenous 
dyes to tissue specimens. The data presented in Chapter VI provide high-resolution 
information on the interrelated architecture between extracellular matrix proteins (collagen 
and elastin) in bovine carotid artery tissue. Furthermore, the effects of mechanical loading 
are quantified and provide insight into how these fibrous proteins reorganize in vivo during 
the cardiac cycle. It should be noted, however, that only a small region of the arterial wall 
just below the intimal layer was examined. Complete analysis of the microstructure will 
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require a thorough description of the orientation and organization of the cellular and matrix 
proteins throughout the thickness of the tissue. Toward this end, the application of developed 
methods to mechanically remove circumferential layers of a known thickness [143, 146] to 
this experimental design could yield such information. This would provide critical structural 
information that could be incorporated into structurally based constitutive models to 
essentially provide an arterial model that is comprised of n-layers. Such models might then 
serve as better description of the mechanical response of artery tissue and provide a better 
understanding of the relationship between arterial structure and function. 
 It has been acknowledged that the use of a homogeneous, nonlinear hyperelastic 
artery model in the computational studies presented (Chapters II – V) does limit the results. 
However, it is unlikely that the inclusion of a more complex material model (e.g. 
heterogeneous, structurally based) would have altered the findings. The stent design that 
induced higher stresses would likely still induce higher stresses if another arterial material 
model was employed. Moreover, it would have been extremely computationally demanding. 
Inclusion of a more complex material model (inclusion of information from Chapter VI) 
would however change the computed stress and strain values in the artery wall. Such 
information is extremely valuable for a better understanding of the arterial and cellular 
response to vascular stenting. Furthermore, it might provide information for the design of 
future stents or other implantable medical devices and yield quantitative data that could be 
implemented into theoretical models to better predict tissue adaptations in response to 
various mechanical stimuli. 
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 The information gained on the arterial pathobiological response to vascular stenting 
as a result of the solid biomechanical environment is unprecedented, and sets the stage for 
further studies in stented artery biomechanics. Moreover, the data can be incorporated into 
future computational models specifically for the purpose of reducing the injury to the arterial 
following the implantation of stents, and possibly other endovascular devices. Future studies 
in this area are directed at either the development of novel stent designs or address 
immediate patient care. In regards to new designs, improvements on current computational 
models to incorporate various aspects of vascular stenting (e.g. stent design, balloon-
expansion, drug elution, biodegradation) need to be developed and integrated. While 
considerable research efforts have been devoted to each of these aspects individually, 
incorporation of several aspects with allow for more sophisticated computational models to 
better predict the outcomes and continual improvements on designs. Direct application to 
patients focuses on the ideas of “patient-specific” and “lesion-specific” stenting. In 
particular, the ability to determine the ideal stent design for a given lesion, taking into 
consideration the vascular and plaque geometry, plaque material constituents, and 
mechanical loading environment (e.g. hemodynamics, vascular pressure). Thus, the 
development of clinically functional, computationally based pre-operative planning 
resources is warranted. 
 Collectively, these studies provide a multi-modal evaluation of cardiovascular tissue, 
both healthy and during disease progression. A combination of computational modeling (in 
silico), experimentation (in vitro), and animal testing (in vivo) were conducted. Such 
thorough examination is warranted in biomechanics, as it allows for empirical and 
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measurable evidence of biological phenomena that, in turn, may help form new hypotheses 
or refine previous ones. 
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APPENDIX A 
STENT SCORING CRITERIA FOR HISTOPATHOLOGIC EVALUATION1 
Injury Score2 
0 – stent strut within neointima but not in contact with the IEL 
1 – stent strut in contact with the IEL 
2 – stent strut penetrating the IEL and into the media but not contacting the EEL 
3 – stent strut penetrating the media and contacting the EEL 
4 – stent strut penetrating the EEL 
Results are expressed as: 0 = no injury; 1 = minimal injury; 2 = mild injury; 3 = moderate 
injury; and 4 = severe injury. 
 
Inflammation Score3 
0 – no inflammatory cells surrounding stent  
1 – scattered, noncircumferential lymphohistiocytic aggregates  
2 – focal, noncircumferential lymphohistiocytic aggregates or scattered neutrophils and/or 
eosinophils. 
3 – multifocal, noncircumferential lymphohistiocytic, neutrophilic and/or eosinophilic 
aggregates  
4 – diffuse, circumferential lymphohistiocytic, neutrophilic and/or eosinophilic aggregates  
                                                
1 Provided by the Cardiovascular Pathology Laboratory at Texas A&M University. 
2 Modification from Schwartz et al. (92), Verheye et al. (93), and Kornowski et al. (94) 
3 Modification from Virmani and Farb (95), Farb et al. (96), and Kornowski  et al. (94) 
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Results are expressed as: 0 = no inflammation; 1 = minimal inflammation; 2 = mild 
inflammation; 3 = moderate inflammation; and 4 = severe inflammation. 
 
Residual Erythrocytes Score (Distribution) 
0 – no erythrocytes surrounding stent  
1 – scattered, noncircumferential erythrocytes 
2 – focal, noncircumferential erythrocytes aggregates 
3 – multifocal, noncircumferential erythrocytes aggregates 
4 – diffuse, circumferential erythrocytes aggregates 
Results are expressed as: 0 = no erythrocyte accumulation; 1 = minimal erythrocyte 
accumulation; 2 = mild erythrocyte accumulation; 3 = moderate erythrocyte accumulation; 
and 4 = severe erythrocyte accumulation. 
 
Erythrocyte State Score 
0 – no erythrocytes surrounding stent 
1 – primarily erythrocytes (discoid morphology)  
2 – admixture of erythrocytes (various stages of degeneration) and phagocytized erythrocytes 
3 – primarily phagocytized erythrocytes/hemosiderin 
4 – hemosiderin laden macrophages 
Results are expressed as: 0 = no active or remote erythrocytes; 1 = active erythrocytes; 2 = 
mix (active and remote) erythrocytes; 3 = phagocytized erythrocytes/hemosiderin; 4 = 
residual hemosiderin in macrophages. 
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Vascular Score 
0 – no revascularization within a 0.2 mm radius of the strut. 
1 – 1, < 25 µm diameter neovascular bud within a 0.2 mm radius of the strut 
2 – 2 to 3, < 25 µm diameter neovascular buds within a 0.2 mm radius of the strut  
3 – 4 to 5, < 25 µm diameter neovascular buds within a 0.2 mm radius of the strut 
4 – ≥ 6, < 25 µm diameter neovascular buds within a 0.2 mm radius of the strut 
Results are expressed as: 0 = no revascularization; 1 = minimal neovascularization; 2 = mild 
neovascularization; 3 = moderate neovascularization; and 4 = severe neovascularization. 
 
Fibrin Score 
0 – no fibrin present 
1 – deposition of fibrin in adjacent to the strut involving < 10% of the circumference of 
artery 
2 – deposition involving > 10% but < 25% of the circumference of the artery or around stent 
struts 
3 – deposition involving > 25% but < 50% of the circumference of the artery or around stent 
struts 
4 – deposition involving > 50% of the circumference of the artery or around stent struts 
Results are expressed as: 0 = no fibrin; 1 = minimal fibrin residual; 2 = mild fibrin residual; 
3 = moderate fibrin residual; 4 = severe fibrin residual. 
 
Multinucleated Giant Cells (MNGC) Score 
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0 – no MNGC present 
1 – isolated or 1 cluster/syncytium of MNGC surrounding or adjacent to strut 
2 – isolated or 2 clusters/syncytium of MNGC surrounding or adjacent to strut 
3 – 3 to 4 clusters/syncytium of MNGC surrounding or adjacent to strut 
4 – > 4 clusters/syncytium of MNGC cells surrounding or adjacent to strut 
Results are expressed as: 0 = no MNGC present; 1 = minimal MNGC present; 2 = mild 
MNGC present; 3 = moderate MNGC present; 4 = severe MNGC present. 
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